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Abstract 
Lower back disorders due to whole-body vibration (WBV) are the most common 
injuries reported by professional drivers. Such injuries often have long-term 
complications leading to significant personal and societal costs.  An improved 
mathematical model of the whole human body would contribute to a better 
understanding of the mechanisms of lower back injury and be valuable in injury 
prevention research.  
Current biodynamic human models reported in the literature lack detailed 
information for predicting the non-linearity due to vibration amplitude of 
transmission of vibration from seat to a human.  Therefore, one of the primary 
objectives of this research has been to develop and validate a detailed three-
dimensional biodynamic human model, with special attention given to the 
incorporation of active trunk muscles with non-linear stiffness properties.  These 
muscles have been incorporated into an existing spine and neck model of a 
MADYMO 50th percentile male occupant model.  A detailed multi-body human 
model has been developed, called MODEL ONE.  This thesis shows that 
incorporating non-linear stiffness functions and energy dissipation using hysteresis 
or damping into a human model is appropriate for predicting non-linear biodynamic 
responses in arbitrary excitation functions.  A major advantage of MODEL ONE 
compared to other multi-body models and lumped mass models is its ability to 
predict nonlinear seat-to-human transmissibility.  
However MADYMO 50th male occupant models use simplified geometry and rigid 
bodies to represent the lower lumbar spine.  These simplified spinal models have no 
  xvii 
ability to simulate the internal stresses and deformations of soft tissues, even if these 
are the apparent cause of lower back pain (LBP).  Therefore a detailed finite element 
human lower lumbar spine model⎯with appropriate material properties and capable 
of simulating internal stresses⎯is necessary, in order to better understand spinal 
injuries under WBV.  A three-dimensional finite element model of a lower lumbar 
spine motion segment⎯called MODEL TWO⎯has thus been developed for the 
present study.  MODEL TWO comprises a detailed geometric description of 
vertebrae, nucleus pulposus, endplates, and intervertebral discs.  The intervertebral 
discs lump together the annulus fibrosus, ground substance and ligaments.  The 
vertebrae have been assumed to be rigid.  The material properties of the 
intervertebral discs of MODEL TWO were obtained from test matrices and from 
various parameter data reported in the literature.  MODEL TWO has been validated 
against cadaveric experiments reported in the literature.  The mechanical behaviour 
and stress distribution within the MODEL TWO intervertebral disc agree reasonably 
well with the cadaveric experiments.  
MODEL TWO was integrated into MODEL ONE to form a new human model, 
called MODEL THREE, which was subsequently dynamically validated against 
volunteers’ responses to WBV reported in the literature.  MODEL THREE, as 
presented in this thesis, consists of a multi-body human model with detailed 
representation of a finite element (FE) lower lumbar spine.  As far as the author is 
aware, MODEL THREE is the first model with detailed representation of a FE lower 
lumbar spine to successfully demonstrate that it is capable of simulating the stress 
profile of the entire intervertebral disc and endplate region due to WBV.  The 
simulated results revealed abnormal stress concentrations in both the posterior and 
  xviii 
the posterolateral annulus.  The stresses increased most in the posterolateral 
intervertebral discs region during WBV, suggesting a possible mechanism for disc 
mechanical overload leading to fatigue fracture and degeneration.  The results from 
MODEL THREE are promising and lead to a more comprehensive understanding of 
the behaviour of the intervertebral disc under WBV.  MODEL THREE has also 
provided a good foundation for the development of a bio-fidelity human model. 
However, implementation of currently unavailable and/or inadequate in vitro and in 
vivo experimental studies is needed to further validate and develop MODEL THREE.  
A better understanding of injury mechanisms and the clinical significance of LBP 
will ultimately be arrived at using a combination of analytical models with in vitro 
and in vivo experimental data. 
   1 
CHAPTER 1  
Introduction 
The interaction between people and the automobile that brings convenience and 
enjoyment into their lives has led to physiological problems never previously 
encountered.  One of the most severe and costly of these problems is the occurrence 
of low back pain (LBP).  According to Webster and Snook (1994) an estimated sum 
of more than USD$11 billion is paid annually in the United States in workers’ 
compensation benefits for work-related LBP.  In Jersey, UK, the total cost of wages 
compensation for LBP during 1994 was estimated at £1.28 million (Watson et al., 
1998).  Likewise, the total economic burden of LBP in Australian adults in 2001 was 
estimated at AUD$9.17 billion (Walker, 2003).   
Compensable workers’ compensation claims for the low back include injury 
classifications ranging from general muscle pain to specific disorders such as strain, 
sprain, inflammation, rupture and hernia (Webster and Snook, 1994).  Some of the 
risk factors for developing low back injury and pain are heavy and/or frequent 
lifting, static seated posture, repetitive work, and whole-body vibration (WBV) 
(Andersson, 1981; Marras et al., 1993).  Current thinking suggests that exposure to 
seated WBV can cause damage to the lumbar spine.  This is particularly true for 
millions of professional drivers of trucks, buses, tractors and cranes, and pilots of 
airplanes and helicopters, who all encounter WBV in their work environments.  
Besides being subjected to WBV, professional drivers also constantly sit for long 
periods with little freedom to change posture, which may contribute to the 
occurrence of low back injury and pain (Bovenzi et al., 2002; Damkot et al., 1984; 
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Harrison et al., 2000; Mundt et al., 1993; Pope et al., 1998; Seidel and Heide, 1986; 
Wikstrom et al., 1994).   
An understanding of the mechanical response of the lumbar spine to different types 
of external forces may therefore yield insight into some of the causes of LBP.  Of 
particular interest is the response of the lower lumbar spine to WBV.  The research 
described in this thesis is concerned with the prevention of lower back injuries due to 
WBV.  The rationale and objectives for this research are presented in Section 1.2 and 
section 1.3 respectively.  Section 1.4 presents the research strategy and an outline of 
this thesis. 
1.1 Background information on Low Back Pain (LBP) due to Whole-body 
Vibration (WBV) 
1.1.1 Epidemiology 
In reviewing the literature, the epidemiological papers selected as representative 
studies of exposure to WBV among professional drivers included papers with a focus 
on drivers of buses (Anderson, 1992; Bovenzi and Zadini, 1992; Magnusson et al., 
1996), trucks (Boshuizen et al., 1992; Maeda and Morioka, 1998), tractors 
(Boshuizen et al., 1990; Bovenzi and Betta, 1994; Kumar et al., 1999), cranes 
(Bongers et al., 1988; Bovenzi et al., 2002) and airplanes (Bongers et al., 1990; 
Hansen and Wagstaff, 2001; Shanahan and Reading, 1984; Sheard et al., 1996; 
Thomae et al., 1998).  Most of these studies have a control group for comparison. 
In the Netherlands, Bongers et al. (1988) conducted a retrospective follow-up study 
of crane operators exposed to WBV.  The authors found that crane operators with 
   3 
more than five years of exposure to WBV are almost three times more at risk of 
disability because of intervertebral disc disorders compared with a control group of 
fellow workers.   
Tractor driving has also been studied extensively; for instance Boshuizen et al. 
(1992) observed a higher prevalence of LBP in tractor drivers compared to a control 
group not exposed to vibration.  Furthermore, the incidence of a long-term period of 
sickness absence because of a back disorder is higher in tractor drivers than in 
workers with almost no exposure to vibration.  Another study by Bovenzi and Betta 
(1994) compared tractor drivers with a control group of 220 inspection and 
administrative workers.  They found that the cumulative occurrence of back pain and 
the period of prevalence of several types of back pain were greater in tractor drivers 
than in the control group.  Similarly, disc protrusions were three times more 
prevalent among tractor drivers than in the control group. 
In a case-control study of bus drivers in Trieste, Italy, Bovenzi and Zadini, (1992) 
found a significantly higher odds ratio for acute LBP, low back symptoms, and LBP 
with disc protrusion among bus drivers when compared to the control group.  
Likewise, Magnusson et al. (1996) studied bus and truck drivers in Sweden and the 
USA.  The authors compared bus and truck drivers with a control group of sedentary 
workers.  It was found that drivers who were exposed to long-term vibration had the 
highest risk factors for back and neck pain.   
In a review of previous studies, Bovenzi and Hulshof (1999) evaluated the 
occupational risk factors that may cause adverse effects on health in drivers of 
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lorries, fork-lifts, trucks, tractors, cranes and in helicopter pilots.  The findings of the 
selected studies and the results of the meta-analysis of both cross-sectional and 
cohort studies showed that occupational exposure to WBV is associated with an 
increased risk of LBP, sciatic pain, and degenerative changes in the spinal system, 
including lumbar intervertebral disc disorders.   
Similarly, in an extensive review of the epidemiological literature from 1992−1999, 
Lings and Leboeuf-Yde (2000) concluded that LBP is more frequent in WBV-
exposed groups.  The authors also found an increased frequency of lumbar prolapse 
in occupational drivers.  Likewise, according to Kelsey et al. (1984), for men 
spending more than half of their work time driving the risk of disk prolapse was 
three times higher. 
In summary, the literature reviewed advanced the following conclusions based on the 
epidemiological evidence: 
- Accumulative occupational exposure to WBV may contribute to an increased 
risk of injuries and disorders of the lower back.  
- WBV in combination with awkward seated postures may result in excessive 
risk of injuries and disorders of the lower back. 
- The most common causes of back pain health problems are damage to the 
intervertebral discs and degeneration of the spinal vertebrae.  The effects of 
intensive vibration exposure on the health of the spinal column therefore 
warrant further study.   
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1.1.2 Spinal response to WBV 
The dynamic response in the spine under the influence of WBV has been studied by 
many researchers (Hagena et al., 1986; Hagena et al., 1985; Kitazaki and Griffin, 
1995; Panjabi et al., 1986; Pope et al., 1987) in order to gain a better understanding 
of the in vivo spinal response to WBV.  Most of these studies employed invasive 
techniques, in which a Kirchner-wire (K-wire) was drilled into the spinous process of 
several vertebrae, in order to observe the motion of individual vertebrae relative to 
each other and to the input vibration at the seat.  The researchers found that the first 
natural frequency in the seated human subject occurred between 4 and 6 Hz.  Most of 
the investigators suggested that the primary resonant frequency corresponds to the 
upper part of the trunk moving vertically with respect to the pelvis, and to a bending 
movement of the lumbar spine (Hagena et al., 1986; Hagena et al., 1985; Sandover 
and Dupuis, 1987).  However, Panjabi et al. (1986) found little or no relative motion 
between L1 and L3.  In contrast, Wilder et al. (1985) found relative motion on the 
surface of the lumbar region by means of filming seated subjects vibrating at their 
natural frequency as a moiré fringe pattern was projected on their backs.  
Likewise, Pope et al. (1986) found relative motion in the lumbar spine at the first 
natural frequency, using transducers rigidly fixed to the lumbar spinous processes 
and fixed to the skin.  Substantial differences were noted between the vertical 
displacement of the pelvis and L3 adjacent markers.  In a later study, Pope et al. 
(1991) used a special strain gauge device to measure all relative motions between 
pins inserted in lower lumbar spine (L3-L5).  The subjects were exposed to a 
sinusoidal vibration of 5 Hz and 8 Hz at approximately 0.5, 1.0, and 1.5 ms-2 r.m.s.   
The authors found that substantially more intervertebral rotations and translations 
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occurred when the subject was exposed to 5 Hz vibration.  In another study, Hinz et 
al. (1988) stated that the relative vertical acceleration between L3 and L4, found at 
4.5 Hz, was mainly caused by a bending motion of the spine.  They also stated that 
the time relations between extreme accelerations at the lumbar vertebrae and those at 
the head and the acromion indicated that the vertical motion of the body parts above 
L3 caused a bending of the lumbar spine.  
Recently, Kitazaki (1994) and Kitazaki and Griffin (1998) investigated vibration 
modes of a seated body in the mid-sagittal plane at frequencies below 10 Hz, using 
experimental modal analysis.  They extracted a total of eight vibration modes for the 
acceleration responses of the spine, pelvis and viscera, and for head to whole-body 
vertical vibration.  The fourth mode, obtained at 4.9 Hz, was found to be a 
combination of an entire body mode⎯in phase with a vertical viscera mode⎯and a 
bending of the upper thoracic and cervical spine.  The entire body mode corresponds 
to the head, spinal column and the pelvis moving vertically due to axial and shear 
deformations of the buttock tissue.  A rotational mode of the pelvis was contained in 
the sixth mode at 8.1 Hz and the seventh mode at 8.7 Hz. 
Similarly, Matsumoto and Griffin (1998), and Matsumoto and Griffin (2001) 
conducted a study of vibration modes of a seated body using the finite element 
method.  A two-dimensional model was developed based on a comparison of the 
numerical vibration mode shapes with those extracted from experimental data.  A 
total of seven modes were obtained from the mathematical model.  The principal 
resonance at about 5 Hz consisted of an entire body mode, in which the head, spinal 
column and the pelvis move almost rigidly, with axial and shear deformation of 
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tissue beneath the pelvis occurring in phase with a vertical visceral mode⎯which 
was the fourth mode at 5.06 Hz.  A bending mode of the entire spine was found in 
the fifth mode at 5.77 Hz, which was described as making a minor contribution to the 
principal resonance.  As in the experimental results, a pelvic rotation was found in 
both the sixth mode at 7.51 Hz and in the seventh mode 8.96 Hz. 
1.1.3 Clinical observations 
Exposure to WBV has become commonly associated with injury to the spinal system 
and LBP.  However, LBPs are diagnostically difficult to establish.  Often with 
medical imaging there is no clear sign of structural injuries to the tissue within the 
lumbar spine (Boden et al., 1990; Borenstein et al., 2001; Jensen et al., 1994).  For 
instance, the findings on magnetic resonance scans by Borenstein and colleagues 
(Borenstein et al., 2001) were not predictive of the development of LBP.  They found 
that individuals with the longest duration of LBP did not have the greatest degree of 
anatomical abnormality on the original scan.   
Even though the relation between abnormalities in the lumbar spine and LBP is 
controversial, the most frequently reported symptoms of spinal injury include a 
variety of degenerative disorders, such as facet injuries and herniation (Wikstrom et 
al., 1994). 
The effects of vibration on the intervertebral disc component of the lumbar spine 
have also been examined (Frymoyer et al., 1980; Sandover, 1983; Wilder et al., 
1982).  These studies concluded that degeneration of discs or endplates from 
prolonged WBV is most common in the lower lumbar spine at the level of L3 to S1.    
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1.2 Statement of problem 
From the review of reported studies discussed briefly above, it is apparent that 
occupational exposure to WBV causes long-term health risks.  In accordance with 
the usual biomechanical concepts, strain indicates deformation of tissue caused by 
internal loads, which can lead to mechanical damage.  Therefore, further 
investigation and understanding of stress and strain at the spine resulting from WBV 
could lead to a better understanding of the injury mechanism or damage to the tissue 
structure.   
In line with this thinking, some researchers (Nachemson, 1981; Wilke et al., 1999) 
believe that disc pressure is a good indicator of stress applied to the target biological 
tissue, because disc pressure will indicate the total compressive force on a spinal 
segment.  However, experiments with human subjects associated with dynamic 
loading or WBV present several difficulties: (a) the invasive method of the 
measurement of disc pressure raising serious ethical concerns related to the risk to 
human subjects; (b) the lack of repeatability caused by body movement; and (c) the 
cost involved in experimental studies.  Besides, internal shear and compressive 
forces at spinal components such as the endplate and intervertebral disc cannot be 
readily measured in vivo for responses to WBV due to technical complexities⎯thus 
precluding measurement of stress and deformation throughout the lumbar spine 
segments.  Upon recognizing the complexities and limitations of such experimental 
investigations, many researchers have used three-dimensional finite element 
techniques to investigate the relation between different load conditions and 
pathologies in lumbar spine segments.  It would appear that finite element analysis is 
the most promising technique for understanding stress and strain in the lumbar spine; 
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the fact that most of the analytical results are in agreement with those from the 
experimental investigations.   
Recently, therefore, a number of investigators have developed models of the entire 
human body to predict the forces and moments acting on the lumbar spine due to 
WBV (Buck, 1997; Fritz, 1997a; Pankoke et al., 2001; Seidel et al., 2001; Verver 
and van Hoof, 2002).  Similarly, models have been designed to estimate spinal stress 
from WBV (Seidel et al., 1986; Seidel et al., 1997).  However, the validity of the 
results of such studies is limited to quantifying the net forces and moments acting on 
the spinal system; the researchers have not linked forces and moments to damage and 
pain within individual tissues and structures of the spinal system (Dolan and Adams, 
2001).  
To date, neither of the abovementioned models attempts to quantify stress 
distributions within lumbar spine components subjected to WBV.  This gap in 
knowledge has led to the initiation of the present study.  It uses a MADYMO 
(Mathematical Dynamic Model) multi-body human model, incorporating a finite 
element (FE) spine model, to accurately estimate the stress distributions of the 
lumbar spine components⎯especially the intervertebral discs and endplates.  This 
new model may enable future investigations to determine whether the intervertebral 
discs and endplates are damaged and/or painful in reaction to WBV.   
1.3 Research objectives 
It is apparent that repetitive compressive loading of the spine influences the integrity 
of the intervertebral disc.  However, in vitro studies on lumbar spine motion 
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segments provide a limited view of the relation of WBV to external exposure and the 
resulting internal loading.  Therefore, where internal loading of the intervertebral 
disc is not feasible, biomechanical modelling techniques are necessary.  When 
investigating lower back disorders, the use of biomechanical models is desirable in 
order to understand internal spinal loading resulting from external exposure to WBV.   
The primary objective of this thesis, therefore, is the development and then 
validation of a seated whole human model, with special attention given to a FE lower 
lumbar spine motion segment model (L3 to L5).  The FE lower lumbar spine model, 
with a more accurate geometrical section area, consisting of bony vertebrae and 
intervertebral discs, would be able to predict stress distributions within the spinal 
components.  The whole human model would then be subjected to WBV, to 
investigate the mechanical stress distributions on the spinal components.  It is the 
argument of this thesis that the use of such a model will enable the mechanism for 
spinal injuries to be more precisely understood. 
In addition to the primary objective outlined above, this study also aims to model the 
biodynamic response of a seated whole human model that is excited in response to 
vibration given to the buttocks from the seat.  The research activities are therefore 
formulated as follows: 
1. Investigate biodynamic response characteristics, including seat-to-head 
transmissibility and seat-to-spine transmissibility, through measured data 
using human subjects as reported in the literature. 
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2. Develop and validate a FE lumbar spine model through systematic 
investigation of the static and dynamic properties of the spine. 
3. Compare the response characteristics of a combined human-FE-spine model 
with the published experimental data results in order to determine the validity 
of the model. 
4. Analyse the internal response (distribution of stress) within the spinal system 
under WBV. 
A schematic overview of these research activities is presented in Figure 1.1. 
 
1.4 Research strategy and outline 
As mentioned, Figure 1.1 provides an overview of the strategy employed to achieve 
the objectives described above.  Firstly, the research starts with a review of the most 
important literature on the dynamic response of the human body in a seated position.  
A comprehensive survey of theoretical and experimental findings pertaining to WBV 
as a whole can also be found in Chapter 2.   
The research strategy of this study is to proceed from an existing human 
model⎯presented by Verver et al. (2003)⎯to a more detailed and better validated 
one, with the focus on non-linear active muscles.   
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Figure 1.1: Overview of research strategy 
 
With the knowledge and insight gained from Verver’s model, the complexity of this 
model has been increased and recent biomechanical data used to obtain a nonlinear 
active musculature.  This enhanced model incorporating nonlinear activation muscles 
has been named MODEL ONE.  Chapter 3 focuses on the development of MODEL 
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ONE, with nonlinear active trunk muscles for analyses of human behaviour in 
vertical vibration.  A methodology based on multi-body techniques is outlined.  A 
detailed description of the non-linear stiffness of active muscles is presented in the 
same chapter.  MODEL ONE⎯based on experiments with human subjects seated on 
a rigid seat⎯has been validated based on its behaviour in vertical vibration (Pang, 
2003).  The role of nonlinear active muscle behaviour under WBV is studied in 
Chapter 3.  
Mechanical stress may develop in the spinal tissues due to WBV.  In response to 
stress, over time the spinal tissues can fatigue, adapt, or be damaged.  Damage can 
lead to pain and /or inflammation.  The main goal of this project is the investigation 
of stress distributions in spinal components under WBV loading, thus quantifying 
and better understanding the contribution of different components of the lumbar 
spine to LBP.  In order to achieve this goal a critical review of the existing literature 
related to FE modelling of lumbar spine segment has been conducted and a research 
void in this area has been identified.   
In order to analyse stress distributions in intervertebral discs, a realistic prediction of 
deformations within the discs is required.  The model needs anatomical details to 
describe both the global and local response related to injury mechanisms.  For that 
reason, a finite element (FE) model of the human lower lumbar spine has been 
developed using finite element techniques.  This FE lower lumbar spine model has 
been named MODEL TWO, and its development is described in Chapter 4.  The 
material properties of MODEL TWO have been correlated with experimental data 
reported in the literature in order to determine realistic material properties for spinal 
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tissues.  MODEL TWO has been validated separately for quasi-static conditions 
using published experiment data⎯with cadaver lumbar motion segments⎯reported 
by Berkson et al. (1979) and Schultz et al. (1979), prior to its use in a combined 
simulation with the human model.  The distribution of stresses within the 
intervertebral disc has also been validated using experiment data by McMillan et al. 
(1996).  Further discussion of the quality of MODEL TWO can be found in Chapter 
4.   
After the abovementioned separate validations, MODEL TWO has been embedded 
in MODEL ONE, to form a new model⎯MODEL THREE.  This new model, as 
presented in Chapter 5, has been validated dynamically for vertical vibrations on 
rigid seat conditions.  It includes separate mathematical representation of 
intervertebral discs, facet joints and active muscles (Pang, 2004).  Stress distribution 
in intervertebral discs subjected to WBV is investigated in Chapter 5.  As a step 
towards studying injury mechanisms in the lower lumbar spine caused by WBV, 
stress distributions in the intervertebral discs have been quantified using the 
numerical model and compared with experiment findings. 
Chapter 6 concludes this thesis by summarizing the main findings of this research.  
Recommendations to enhance the model and its validation are also presented in this 
final chapter.  
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CHAPTER 2  
Literature review 
This chapter reviews experimental and analytical work on whole-body vibration 
(WBV), biodynamic whole-human body models and the biomechanics of the lumbar 
spine; also further outlines the proposed work of the current study.  
The chapter is organised as follows.  The major methods used to evaluate human 
tolerance to vibration are introduced in section 2.1.  Previous studies of 
biomechanical models are reviewed in section 2.2, followed by discussion of the 
limitations of the models.  A summary of the literature is provided in section 2.2.4, to 
identify gaps in current understanding of lumbar spine injury mechanisms and to 
demonstrate the need for further study.   
2.1 Biodynamic response functions 
Two general approaches have been used to characterize the response of the body to 
vibration at the seat: (i) driving point frequency response functions in terms of 
mechanical impedance and apparent mass; and (ii) transmissibility function in terms 
of acceleration, velocity, or displacement.  The former functions relate to the ratio of 
forces and motion at the point of input of vibration to the body, while the latter 
function refers specifically to the ratio of motion between the seat input and the 
response at any body regions (Boileau and Rakheja, 1998; Griffin, 1990).  These 
approaches attempt to define the vibration frequencies at which the spine may be at 
greater risk of injury, and to evaluate the effect of factors such as posture, back 
support, vibration magnitude and intensity on the biodynamic response.  The 
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following section presents a review of related literature concerned with the 
transmission of vertical seat vibration to the head and spinal column of seated 
subjects, followed by discussions of the biodynamic responses and the corresponding 
affecting factors. 
2.1.1 Driving-point mechanical impedance and apparent mass  
Driving-point mechanical impedance Z(f), is defined as the ratio of the driving force 
F(f), acting on a system, to the resulting velocity v(f) of the system, measured at the 
same point and in the same direction as the applied force 
)(
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fFfZ =    .                                                    (2.1) 
Apparent mass M(f), is calculated by dividing the cross-spectral density function 
Fxy(f), between the input acceleration and the resulting force at the same point, by the 
power spectral density function of the input acceleration, ax(f) 
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The biodynamic response characteristics of seated occupants have been shown to be 
influenced by several factors, among others by body posture, body weight, and 
vibration type and amplitude (Boileau and Rakheja, 1998; Fairley and Griffin, 1989; 
Holmlund et al., 2000; Mansfield and Griffin, 2000, 2002; Matsumoto and Griffin, 
1998; Matsumoto and Griffin, 2001, 2002a, b; Miwa, 1975; Paddan and Griffin, 
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1988; Rakheja et al., 2002).  The influence of such factors on the biodynamic 
responses is presented in the following sections. 
2.1.1.1 Seated posture and backrest 
The influence of body posture on biodynamic response characteristics has been 
frequently reported (Coermann, 1962; Fairley and Griffin, 1986; Miwa, 1975; 
Rakheja et al., 2002).  The posture of a seated person is related to the orientation of 
the body, muscle tension, contact with the backrest and the backrest inclination.   
In an earlier study, Coermann, (1962) considered the effect of posture on mechanical 
impedance.  A subject was exposed to vertical discrete sinusoidal vibration in the 
frequency range from 1-20 Hz with a magnitude of 0.1g.  The subject was required to 
sit in both erect and relaxed postures.  The first principal resonant frequency was 
observed at the proximity of 5 Hz in the relaxed posture, and was shifted to about 6 
Hz in the erect posture.  The erect posture also increased the modulus of the 
impedance above the first resonance.  
Later, Miwa (1975) measured human mechanical impedance on the human body in 
various kinds of body postures: kneeling, standing, and sitting in an erect and relaxed 
posture.  It was observed that the magnitude of mechanical impedance at the primary 
(7Hz) and the secondary (15 Hz) resonant frequencies of an erect seated posture 
were larger than that of a relaxed posture.   
The influence of a backrest and variation in a seated posture was also studied by 
Fairley and Griffin (1986).  They measured five postures for one subject (slouched, 
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normal, slightly erect, erect, and very erect), and four postures for eight subjects 
(normal, erect, with backrest, tense).  The authors found that for the eight subjects 
the mean apparent mass resonant frequency increased with the erect posture and the 
magnitude of this frequency slightly decreased.  However, results for the one subject 
showed otherwise.  Both the magnitude and the frequency of the apparent mass of 
the single subject increased with the more erect posture. 
An investigation was conducted by Rakheja et al. (2002) to measure the apparent 
mass response characteristics of twenty-four human subjects seated in representative 
automotive postures with hands-in-lap and hands-on-steering-wheel.  The 
measurements were carried out under white noise vertical excitations of 0.25, 0.5, 
and 1.0 ms-2 r.m.s. acceleration magnitudes in the 0.5-40 Hz frequency range.  
Based on the mean value of twenty-four subjects, the apparent mass peak magnitude 
for subjects seated with hands in their laps was observed in the 6.5-8.6 Hz frequency 
range, with a mean at 7.8 Hz (Figure 2.1).  On the other hand, the apparent mass 
curves for the posture with a hand on the steering wheel was found to exhibit two 
peaks in the 5.1−8.25 Hz and 8−12 Hz frequency ranges.  The results show further 
that peak magnitudes attained with a driving posture are considerably smaller than 
those obtained with a passenger posture. 
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Figure 2.1: Mean apparent mass of 24 human subjects seated in representative 
automotive postures with hands-in-lap (top) and hands-on-steering-wheel (bottom), 
from Rakheja et al.(2002). 
 
The influence of a backrest and variations in its inclination angle have been 
investigated by Boileau and Rakheja (1998), involving a total of seven male subjects.  
The subjects sat on a rigid seat with an incline adjustable backrest angle of 0° or 14°, 
while the feet were supported on the vibrator and the hands were held in a driving 
position.  Three postures were defined: (i) sitting erect with only lower back in 
contact with the backrest (ENS), (ii) sitting erect with most of the back in contact 
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with the backrest (EBS), and (iii) sitting in a slouched (SLO) posture, where the 
upper body has a more pronounced inclination towards the front than with the ENS 
posture and where the lower back is in contact with the backrest.  The mean 
mechanical impedance of seven subjects from this study is shown in Figure 2.2.  It 
can be seen that the mean mechanical impedance is significantly influenced by the 
seated postures.  Subjects maintaining an erect seated posture with only lower back 
contact with the backrest support (ENS) yield a higher magnitude of mechanical 
impedance over the entire frequency range, and a higher resonant frequency, than 
those observed with the EBS posture.  Subjects who maintain a slouched (SLO) 
posture demonstrate a magnitude of mechanical impedance in between those for the 
ENS and EBS postures at the resonant frequency. 
In a more recent study, Mansfield and Griffin (2002) performed a thorough 
investigation into the effect of variations in posture and vibration magnitude on 
apparent mass.  Nine seated postures were investigated: 'upright' 'anterior lean', 
‘posterior lean’, ‘kyphotic’, ‘back-on’, ‘pelvis support’, ‘inverted SIT-BAR’ 
(increased pressure beneath ischial tuberosities), ‘bead cushion’ (decreased pressure 
beneath ischial tuberosities) and ‘belt’ (wearing an elasticated belt)).  Peaks in the 
apparent masses were observed at about 5 Hz and 10Hz.  The results show only 
minor changes in apparent mass with posture, although peaks were lower for the 
apparent mass in the ‘kyphotic’ posture. 
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Figure 2.2; Mean driving-point mechanical impedance characteristics of seven seated 
drivers in various postures (a) ENS ( ), (B) EBS ( ), and (c) SLO ( ), 
adapted from Boileau and Rakheja (1998). 
 
2.1.1.2 Muscle tension 
Muscle tension (e.g. (a) normal seated posture, (b) erect/tense, or (c) relaxed) is often 
cited as a possible cause of alteration in mechanical impedance and apparent mass 
responses.  For instance a study was conducted by Fairley and Griffin (1989) to 
examine the effect of muscle tension on apparent mass frequency response function 
between 1 Hz and 20 Hz.  The subjects were required to tense their muscles in the 
normal posture during the vibration exposure.  It was observed that voluntarily 
increasing muscle tension tended to increase both apparent mass and resonant 
frequency.    
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Likewise, Matsumoto and Griffin (2002a) exposed eight male subjects to random 
and sinusoidal vertical vibration at five magnitudes (0.35−1.4 ms-2 r.m.s.).  The 
subjects were instructed to sit in three different ways: (1) comfortable, upright 
posture with normal muscle tension; (2) with muscles of the buttock tensed, or 
stiffened; and (3) with the volume of the abdomen minimised.  With both sinusoidal 
and random vibration excitations, the nonlinear characteristics were less clear when 
muscle tension in the buttocks and the abdomen was controlled.  With increases in 
the magnitude of random vibration from 0.35 ms-2 r.m.s. to 1.4 ms-2 r.m.s., apparent 
mass resonant frequency decreased from 5.25 Hz to 4.25 Hz with normal muscle 
tension.  Similarly, apparent mass resonant frequency decreased from 5.0 Hz to 4.38 
Hz with the buttocks muscles tensed, and from 5.13 Hz to 4.5 Hz with the abdominal 
muscles tensed (Figure 2.3).  The researchers suggested that involuntary changes in 
muscle tension during WBV may be partly responsible for nonlinear biodynamic 
responses. 
 
 
 
   23 
2 3 4 5 6 7 8 9 10
0
0.2
0.4
0.6
0.8
1
1.2
1.4
1.6
1.8
2
Frequency [Hz]
N
or
m
al
ise
d 
ap
pa
re
nt
 m
as
s
2 3 4 5 6 7 8 9 10
0
0.2
0.4
0.6
0.8
1
1.2
1.4
1.6
1.8
2
Frequency [Hz]
N
or
m
al
ise
d 
ap
pa
re
nt
 m
as
s
 
(a) 0.35 ms-2 r.m.s.                                        (b) 1.4 ms-2 r.m.s. 
Figure 2.3: Median apparent masses of eight subjects measured with sinusoidal 
vibration at 0.35 ms-2 r.m.s. and 1.4 ms-2 r.m.s. with three postures: (a) comfortable 
upright posture with normal muscle tension ( ), (b) with muscle of the buttocks 
tensed or stiffened ( ), (c) with the volume of the abdomen minimised ( ).  
From Matsumoto and Griffin (2002a). 
  
2.1.1.3 Excitation magnitude  
The apparent mass and mechanical impedance characteristics of the seated human 
body with exposure to different magnitudes of excitations have been investigated in 
several studies (Fairley and Griffin, 1989; Holmlund et al., 2000; Mansfield and 
Griffin, 2000; Matsumoto and Griffin, 2002c; Mertens, 1978; Smith, 1994).  
However the different studies reported considerably different quantitative variations 
in apparent mass and mechanical impedance with varying magnitudes of excitations.   
For instance Mertens (1978) produced some evidence that the impedance of the 
human body may be modified by changes in the magnitude of the applied vibration.  
The study used nine healthy subjects sitting on a shaker mounted in a centrifuge.  
Measurement of mechanical impedance was made at four constant accelerations (1, 
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2, 3 and 4g) on the centrifuge.  The data showed that the resonant frequency of the 
impedance of the subjects increased as the acceleration increased from 1 to 4 g.  The 
author suggested that the ‘stiffening’ of the body was due to subjects being unable to 
maintain an upright posture at high acceleration levels.  In this case the vibration 
could be partly absorbed by the curved spine.    
However in a contrary finding, Fairley and Griffin (1989) investigated the apparent 
mass of eight male subjects exposed to four magnitudes of vibration: 0.25, 0.5, 1.0 
and 2.0 ms-2 r.m.s.  For all eight subjects, principal resonant frequency was observed 
at 5 Hz and 10 Hz, and shifted to lower frequencies as the vibration magnitude 
increased from 0.25 ms-2 r.m.s. to 2.0 ms-2 r.m.s.  The decreases in resonant 
frequency with increases of vibration magnitude caused a ‘softening’ of the tissues.  
However this observation is contrary to the ‘stiffening’ of the system reported by 
Mertens (1978).  The authors’ findings suggest an alternative explanation of the 
‘softening’ phenomenon:  at a higher level of vibration magnitude, the 
musculoskeletal structure of the body has greater movement, which reduces its 
stiffness. 
Smith (1994) has also studied the effect of vibration magnitude on mechanical 
impedance.  Four male subjects were exposed to sinusoidal vibration in the 
frequency range between 3 Hz and 20 Hz at three different magnitudes:  0347, 0.694, 
and 1.734 ms-2 r.m.s.  Results showed that the resonant frequency of mechanical 
impedance decreased with increases in vibration magnitude.  Data from one subject 
are shown in Figure 2.4.  Based on the observations of the impedance magnitude 
profiles of one subject, four regions of resonance have been reported to occur at 
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about 5 to 8 Hz, 6 to 9 Hz, 12 to 14 Hz, and 15 to 18 Hz.   The mean resonant 
frequency of the first peak shifted from 6.8 Hz at 0.347 ms-2 r.m.s. to 5.9 Hz at 0.698 
ms-2 r.m.s. and further decreased to 5.2 Hz at 1.734 ms-2 r.m.s. 
 
 
Figure 2.4: Impedance magnitude response at three acceleration levels: (a)  0.347 
ms-2 r.m.s., (b)  0.694 ms
-2 r.m.s., (c)  1.734 ms-2 r.m.s. as obtained from one 
subject by Smith (1994). 
 
Similarly, Holmlund et al. (2000) reported mechanical impedance magnitudes for a 
group of fifteen female and fifteen male subjects exposed to different excitation 
levels (0.5−1.4 ms-2 r.m.s.), with relaxed and erect seated postures.  The results show 
that impedance increases with frequencies up to a peak of about 5 Hz, after which it 
decreases in a complex manner, with two additional peaks observed.   
   26 
A further attempt to investigate nonlinearity in apparent mass by varying the 
intensity of the vibration was made by Mansfield and Griffin (2000).  Twelve 
subjects were exposed to six magnitudes: 0.25−2.5 m s-2 r.m.s., of vertical random 
vibration in the frequency range 0.2 Hz to 20 Hz.  Significant reductions in resonant 
frequencies were observed for the apparent mass with increases in vibration 
magnitude.  The apparent mass resonant frequency reduced from 5.4 Hz to 4.2 Hz, as 
the magnitude of the vibration increased from 0.25 ms-2 r.m.s. to 2.5 ms-2 r.m.s.  The 
median normalized apparent mass data for this study are illustrated in Figure 2.5.  
The authors further confirmed that the responses of the body exhibit nonlinearities 
with respect to vibration magnitude.  They suggested the nonlinearity response could 
be due to the response of tissue beneath the ischial tuberosities, and the active 
response of muscles in the body. 
 
Figure 2.5: Median normalised apparent mass of 12 subjects measured at 0.25 
( ) ,0.5 ( ),1.0 ( ), 1.5 ( ), 2.0 ( ), and 2.5 ( ) ms-2 
r.m.s. by Mansfield and Griffin (2000). 
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The nonlinear softening effect was also observed by Matsumoto and Griffin (2002c).  
In their study eight male subjects were exposed to random vertical vibration in the 
frequency range between 0.5 Hz to 20 Hz.  Five vibration magnitudes of 0.125, 0.25, 
0.5, 1.0 and 2.0 ms-2 r.m.s. were used as input stimuli.  The subjects were required to 
adopt a ‘normal’ seated posture with the upper body in a comfortable and upright 
posture with no backrest.  The subjects’ feet were allowed to hang freely, and the 
subjects’ hands rested in their laps.  The results for apparent mass showed 
nonlinearity characteristics; that the principal resonant frequency decreased from 
6.25 Hz to 4.75 Hz with increases of vibration magnitude from 0.125 ms-2 r.m.s. to 
2.0 ms-2 r.m.s.  The mean normalised apparent mass data are presented in Figure 2.6.  
The authors suggested that some softening effect of the soft tissue in the viscera, 
might contribute to the resonant frequency decreases, due to increases in vibration 
magnitude.    
 
Figure 2.6: Mean for normalised apparent masses of eight subjects in seated posture 
measured at five vibration magnitudes: ( ) the lowest magnitude (0.125 ms-2 
r.m.s.);  ( ) the greatest magnitude (2.0 ms-2 r.m.s.), as measured by Matsumoto 
and Griffin (2002c).      
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An investigation into the influence of amplitude and nature of vibration excitations 
on mechanical impedance characteristics was also carried out by Boileau and 
Rakheja (1998).  A series of measurements were conducted under sinusoidal, white-
noise random vibration in the 0.625 Hz to 10 Hz frequency range, and also included 
four random classes of off-road vehicle vibration (ISO 1, ISO 2, Class I, Class II) 
defined in ISO standard 5007 and ISO standard 7096.  The vibration excitation 
amplitudes were attained in the range of 1.0 ms-2 r.m.s. to 2.0 ms-2 r.m.s.  However 
the results from this study are not consistent with the abovementioned studies.  The 
authors concluded that impedance characteristics are not strongly dependent upon 
amplitude of vibration excitation within the amplitude and frequency ranges of 
interest.   
Similarly, Rakheja et al.(2002) studied the influence of magnitude and type of 
vibration excitation on apparent mass.  The measured data were obtained under 
different levels of broadband white-noise and road-measured excitations.  The mean 
vertical apparent mass magnitude responses of twenty-four subjects were obtained 
under 0.25, 0.5 ms-2 r.m.s. and 1.0 ms-2 r.m.s. broadband and road-measured 
excitations.  The results show that peak apparent mass magnitude decreases as the 
magnitude of broadband random excitation increases.  However, the authors 
concluded that the influence of types and magnitudes of vibration excitation on 
apparent mass is negligible. 
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2.1.1.4 Conclusions 
It can be seen from the review of the above studies that the mechanical impedance 
and apparent mass of the seated human body under vertical WBV had a resonance at 
approximately 5 Hz.  Some studies have shown a second resonance between 7 Hz 
and 12 Hz.  Generally, mechanical impedance is influenced by posture, back support, 
and a response magnitude that is nonlinear for excitation vibration.  A more erect 
posture causes the body to become stiffer and therefore tends to increase the first 
resonant frequency and the peak magnitude of impedance.  The decrease of resonant 
frequency with an increase of vibration magnitudes illustrates a nonlinear aspect of 
the human response, whereby increasing the vibration magnitude causes a decrease 
in stiffness of the tissues.  Voluntarily increasing muscle tension or assuming an 
erect posture increases stiffness and tends to increase both apparent mass and 
resonant frequency. 
2.1.2 Seat-to-head transmissibility 
Seat-to-head transmissibility has long been identified as an important factor when 
considering the biodynamic response of a seated human.  An understanding of the 
transmission of vibration through the body may be beneficial when attempting to 
reduce the incidence of LBP.  
Most studies investigated the seat-to-head transfer function T(f), comparing the 
cross-spectral density function between the seat acceleration and the resulting head 
acceleration with the power spectral density of the seat acceleration SS(f) 
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Several studies have investigated factors influencing magnitude of seat-to-head 
transmissibility of seated subjects (Griffin et al., 1979; Hinz and Seidel, 1987; 
Kitazaki, 1994; Magnusson et al., 1993; Matsumoto and Griffin, 2002c; Paddan and 
Griffin, 1988; Zimmermann and Cook, 1997).  The vibration characteristics, sitting 
conditions and reported functions of the principal previous experimental studies of 
vertical seat-to-head transmissibility are summarized in Table 2.1.
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Table 2.1: Summary of experimental studies investigating transmission of seat vibration to the head. 
Author(s) Subjects 
Characteristics 
Sitting Conditions Vibration Characteristics Reported 
Function 
 Number 
of 
subjects 
and sex 
Mass 
(Kg) 
Seat Posture Type Magnitude Frequency 
Range 
Duration 
(s) 
 
Coermann (1962) 8 M 70−99 Hard-flat, 
no backrest 
Erect or relaxed;  legs 
unsupported; hand in 
lap 
Sine < 0.5g 1−20 Hz 60 Magnitude of 1 
subject 
Vogt et al. (1968) 10 M ~ 70  Erect seated posture, 
feet supported 
Sine 0.5 g 2−20 Hz 300 Mean 
magnitude 
Griffin et al. (1979) 
 
18 M 
18 F 
12 
children 
46−85 Hard-flat Various: comfortable 
upright; relaxed; stiff; 
and with adjustable 
footrest 
Sine 1 ms-2 r.m.s. 1−100 Hz 100 Mean 
magnitude 
Griffin et al. (1982) 18 M 
18 F 
 
46−85 Hard-flat, 
with 
backrest 
Upright Sine 1.0 ms-2 
r.m.s.  
1−100 Hz 120 Mean 
magnitude 
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Table 2.1 (continued): Summary of experimental studies investigating transmission of seat vibration to the head 
Author(s) Subjects 
Characteristics 
Sitting Conditions Vibration Characteristics Reported 
Function 
 Number 
of 
subjects 
and sex 
Mass 
(Kg) 
Seat Posture Type Magnitude Frequency 
Range 
Duration 
(s) 
 
Mertens (1978) 6 M 3 F 57−90  Upright seated posture, 
feet not supported 
Constant 
accelerati
on 
amplitude 
0.4g r.m.s. 
with 
increased 
gravity up to 
4g 
2−20 Hz  Mean 
magnitude and 
phase 
Parsons et al. (1982) 12M 50−85 Hard-flat & 
semi-rigid 
Two: with and without 
backrest; legs 
supported 
Sine 1.0 ms-2 
r.m.s. 
1.0−100 Hz 120 Mean 
magnitude 
Hinz and Seidel (1987) 4 M 56−83  Moderately erect seated 
posture 
Sine 1.5 ms-2 
r.m.s. & 3.0   
ms-2 r.m.s. 
2−12 Hz 90 Mean 
magnitude and 
phase 
Paddan and Griffin (1988) 12 M 58−81 Hard-flat Two:  with and without 
backrest 
Random 1.75 ms-2 
r.m.s. 
0.5−25 Hz 60 Mean 
magnitude and 
phase 
Kitazaki (1994) 8 M  Hard-flat, 
no backrest 
Various:  erect, normal 
and slouched postures; 
legs supported by 
adjustable footrest 
Random 1.7 ms-2 
r.m.s. 
0.5−35Hz 60 Mean 
magnitude 
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Table 2.1 (continued): Summary of experimental studies investigating transmission of seat vibration to the head. 
Author(s) Subjects 
Characteristics 
Sitting Conditions Vibration Characteristics Reported 
Function 
 Number 
of 
subjects 
and sex 
Mass 
(Kg) 
Seat Posture Type Magnitude Frequency 
Range 
Duration 
(s) 
 
Zimmermann and Cook 
(1997) 
30M Mean 
77.6 
Hard-flat, no 
backrest 
‘Sit up straight’ with 
inclination of pelvis, 
adjustable footrest 
Sine 1.0 ms-2 
r.m.s. 
4.5, 5, 6, 8, 
10, 12, 16 Hz 
155 Mean 
magnitude 
Matsumoto and Griffin 
(1998, 2002c) 
8M 63−8
3 
Hard-flat, 
without 
backrest 
Comfortable and 
upright posture 
Random 0.125-2.0 
 ms-2 r.m.s. 
0.5−20 Hz 60 Magnitude 
Verver et al. (2003) 10M, 1F Mean
74.6 
Hard-flat, 
with 
backrest 
Upright posture, feet 
supported 
Sine 2.35 ms-2 
r.m.s. 
0.5−15Hz  Mean 
Magnitude 
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2.1.2.1 Seated posture   
The effect of posture on the transmission of seat vibration to the head is reported in 
most studies to be one of the most important variables influencing seat-to-head 
transmissibility magnitude.  This can be seen from data obtained from Griffin (1975), 
showing that change in posture can result in a change in magnitude of head motion 
by a factor of 6:1.  Changes in seated posture, back support, and head and limb 
position have been reported to have the most significant influence on seat-to-head 
transmissibility magnitude.  
In a later study Griffin et al. (1979) investigated differences in vertical seat-to-head 
transmissibility of 18 subjects in ‘relaxed’, ‘normal’ and ‘stiff’ postures.  The 
transmissibilities in their ‘relaxed’ and ‘normal’ postures showed similar trends, with 
some differences at frequencies of around 5 Hz and at higher frequencies of above 10 
Hz.  In the same study eight different postures were tested, ranging from ‘slouched’ 
to ‘erect’.  The results showed that at frequencies greater than 3 Hz there was 
substantially more motion at the head with the subject sitting in an erect posture.  
Two resonant peaks were also observed when the subject sat in an erect posture: one 
under 6 Hz and the other over the 15−25 Hz range of frequencies.   
Rowlands (1977) also investigated the effect of three postures on the transmission of 
seat vibration to the head.  The postures were ‘slumped’,’normal’ and ‘erect’, all 
with the subject’s back leaning against the backrest. Vibration characteristics 
included sine swept motions covering the following magnitudes: 1.41 ms-2 r.m.s., 
1.98 ms-2 r.m.s., and 2.83 ms-2 r.m.s.  Only small differences were found in the mean 
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transmissibility results for subjects sitting in normal and erect postures for the three 
vibration magnitudes.  The slumped posture resulted in higher levels of head motion 
at frequencies below 7 Hz, and lower transmissibilities at frequencies greater than 7 
Hz, compared with the other two postures.   
In 1989, Messenger and Griffin  conducted a study to determine the effect of body 
posture on the transmission of vertical seat vibration to the head.  Two experiments 
involving the effect of body posture were reported: the first was to investigate the 
effect of pelvic angle, and the second to determine the effect of upper back 
inclination.  The subjects sat with three different pelvic angles: 105°, 95°, and 85°.  
The results show that a forward tilt of the pelvic region increased vertical seat-to-
head transmissibility at frequencies above 6 Hz.   
The effect of ‘normal’, ‘slouched’, and ‘erect’ seated postures in the vertical and 
fore-and-aft head motions of a seated person was investigated by Kitazaki (1994).  
Eight male subjects were exposed to random vibration in the frequency range from 
0.5 Hz to 35 Hz, at 1.7 ms-2 r.m.s.  Head motion was measured using a bite-bar, 
placed near the cervical spine.  The mean transmissibilities in eight male subjects in 
‘normal’, ‘slouched’, and ‘erect’ seated postures were presented.  Seat-to-head 
transmissibilities were reported to decrease with a change of posture from ‘erect’ to 
‘slouched’.  The mean vertical seat-to-head transmissibilities data of eight subjects in 
different seated postures are presented in Figure 2.7. 
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Figure 2.7: Mean vertical seat-to-head transmissibility of eight subjects in (a) erect 
posture ( ), (b) normal ( ), and   slouched posture ( ) as measured by 
Kitazaki (1994).  
 
Recently, Hinz et al. (2001) conducted an experimental study with 39 male subjects 
sitting on hard seats without backrests and with feet supported.  The subjects were 
exposed to random WBV at three different magnitudes with both a relaxed posture 
and a tensed erect posture.  The mean value for seat-to-head transmissibility with 
relaxed posture is about 1.5 and occurred in the range of 4 Hz, while the mean value 
for seat-to-head transmissibility with tensed erect posture is about 1.3 and occurred 
in the frequency range of about 5 Hz.   
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It can therefore be generally concluded that slouched or slumped postures usually 
yield higher seat-to-head transmissibility magnitude than relaxed and/or erect 
posture.   
2.1.2.2 Backrest  
Many researchers have investigated the effect of a backrest on the transmission of 
vibration from the seat to the head.  For instance, Johnston et al. (1978) conducted a 
systematic study to determine the effect of the seat backrest angle on motion 
transmitted to the head.  In this study the backrest angle was successively changed, 
and the corresponding motion at the head, measured for each angle, was captured.  
The backrest angles of interest were 20° (normal), 30°, 45°, and 60° from the 
vertical.  Ten male subjects took part in the vibration experiment, and motion at the 
head was monitored in the three translational axes (x-, y-, z-) using a bite-bar during 
vertical vibration of the seat.  One of the main conclusions of the study was that 
motion transmitted to the head increased with increasing backrest angles.  This was 
observed for all three translational axes at the head. 
A study was conducted by Parsons et al. (1982) into the influence of a backrest in 
seat-to-head transmissibility, using two different postures: a ‘back-off’ posture in 
which no contact was made between the subject’s back and the backrest, and a 
‘back-on’ posture in which the subject was in contact with the backrest.  Mean seat-
to-head transmissibilities were calculated for twelve subjects over the frequency 
range of 2−50Hz.  Results showed that there is significantly more vibration 
transmitted to the head at frequencies greater than about 8 Hz, when the subject sat in 
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a ‘back-on’ posture.  Similarly, at a frequency of around 16 Hz, over 2.5 times as 
much motion occurred at the head in a ‘back-on’ posture than a ‘back-off’ posture.   
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Figure 2.8: Mean seat-to-head transmissibility of 12 subjects seated in (a) ‘back-off’ 
( ), and (b) ‘back-on’ ( ) postures as measured by Paddan and Griffin 
(1988). 
 
A similar approach was used by Paddan and Griffin (1988) to investigate variability 
in seat-to-head transmissibility across a group of twelve subjects using two seating 
conditions: a rigid seat with a backrest and the same seat with no backrest.  The 
subjects were exposed to 1.75 ms-2 r.m.s. broad-band random vibration over the 
range of 0.2−31.5 Hz for 60s. Comparisons between the mean transmissibilities 
obtained in the two postures showed that contact with a backrest yields a significant 
increase in transmission of vertical vibration at frequencies above 4.5 Hz.  Contact 
with back support also resulted in an increase in resonant frequency from 4.2 Hz to 
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6.2 Hz (Figure 2.8). The authors suggested that a backrest is presumed to provide a 
stiffening effect on the body, therefore tending to increase the resonant frequency. 
Similarly, Cho and Yoon (2001) have found a significant difference between 
transmissibilities to the head with and without backrest support.  The principal 
resonant frequency without backrest support is at 3.4 Hz, which is much lower than 
that with a backrest support at 4.2 Hz.  The authors suggested that shifted resonant 
peaks could be caused by posture difference, muscle tension or the direct 
transmission of acceleration from backrests.   
However, Hinz et al. (2002) found otherwise in their study of thirty-nine males 
seated with a relaxed or a forward bending posture, on a suspension seat with or 
without backrest contact.  They found that under random vibration the average peak 
of seat-to-head transmissibility was higher for the seat without the backrest than that 
with the backrest.  The authors concluded that backrest contact had a significant 
influence on the transfer function from the seat cushion to the head.   
Generally the available literature reveals that when contact is made with a backrest, 
head motion will increase, compared with a situation in which no backrest is used.  
The published data also show that the magnitude of head motion will increase with 
an increased backrest angle.  Backrest support has been shown to be the most 
dominant influence on seat-to-head transmissibility, with back support resulting in an 
increase in transmissibility at frequencies above 5 Hz.  There have been suggestions 
that a straight unsupported back would lower transmissibility at low frequencies and 
produce more head motion at high frequencies. 
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2.1.2.3 Excitation magnitude 
The effect of excitation magnitude on the transmission of seat vibration to the head 
has been studied by many researchers attempting to determine whether the human 
body behaves in a linear or a nonlinear manner; or indeed whether vibration 
magnitude has any effect at all on seat-to-head transmissibilities.   
Mertens (1978) conducted a study to determine the nonlinear properties of the 
upright sitting human body due to vibration.  Nine subjects were exposed to 
increased gravity from 1g to 4g with 1g of increment at each step.  A shift of resonant 
to higher frequencies was observed when gravity was increased.  The mean values of 
the measured transmissibility from the seat to the head of nine subjects are presented 
in Figure 2.9. 
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Figure 2.9: Mean seat-to-head transmissibility of nine subjects in an upright seated 
posture at various accelerations, by Mertens (1978). 
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Prior to that study Griffin (1975) had conducted an experimental study to prove the 
existence of nonlinear behaviour in the human response to vibration.  In the 
experimentation, vertical motion of the head was monitored for twelve seated male 
subjects during vertical vibration of the seat.  The nature of vibration at the seat took 
the form of sinusoidal waveform over the frequency range of 7−75Hz and vibration 
magnitude 0.2 ms-2 r.m.s. to 4.0 ms-2 r.m.s.  The subjects were instructed to adopt 
two different body postures: the first so as to minimise vibration transmitted to the 
head (‘least severe’) and the second, to maximise motion at the head (‘most severe’).  
The author found that vibration magnitude had a significant effect on vertical seat-to-
head transmissibility, with the effect appearing to be larger at lower frequencies.  
Likewise, results of the analyses revealed that the subjects demonstrated differing 
levels of nonlinear response; the greater nonlinear response being at lower 
frequencies rather than higher frequencies.   
Later, Hinz and Seidel (1987) conducted an experimental study to determine human 
transmission behaviour under WBV.  Four male subjects were exposed to vertical 
sinusoidal excitations of 1.5 ms-2 r.m.s. and 3.0 ms-2 r.m.s.  The authors found that 
the influence of excitation level on seat-to-head transmissibility appears to be 
significant:  the principal resonant frequency was found to reduce from 5.0 Hz to 3.8 
Hz when the excitation level was increased from 1.5 ms-2 r.m.s. to 3.0 ms-2 r.m.s.  
The mean values of seat-to-head transmissibility of four subjects are presented in 
Figure 2.10. 
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Figure 2.10: Transmissibility from seat to head at 1.5 ms-2 r.m.s. ( ) and 3.0 ms-2 
r.m.s. ( ) as measured by Hinz and Seidel (1987). 
 
A similar conclusion was drawn recently by Matsumoto and Griffin (2002c). With 
eight male subjects, Matsumoto and Griffin found that the principal resonant 
frequencies in seat-to-head transmissibility decreased from 6.25 Hz to 4.75 Hz as the 
magnitude of random vibration increased from 0.125 ms-2 r.m.s. to 2.0 ms-2 r.m.s.  
They concluded that the dynamic responses of seated subjects are clearly nonlinear 
with respect to vibration magnitude.  
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2.1.2.4 Conclusions 
Generally it can be concluded from the above reviewed studies that seat-to-head 
transmissibility shows a first resonant frequency at around 4 Hz to 6 Hz (Figure 
2.11).  In some of the studies, a second resonance was observed between 8 Hz and 12 
Hz.  In humans, the first resonance seems to correspond to the vertical motion of the 
entire body, accompanied by pelvic rotation and a bending motion of the lumbar 
spine in phase with the fore-and-aft and pitch motion of the head.  The second 
resonant frequency corresponds to the rotation of the pelvis.   
The effect of postures was found to be one of the most important variables in the 
measurement of seat-to-head transmissibility.  There are two main extreme postures 
that have been investigated by many researchers:  relaxed (slouched or slumped) and 
erect (tense or stiff).  A common finding is that an erect posture increases the major 
resonant frequency of seat-to-head transmissibility.  This is associated with a 
combination of stiffening of the muscles and change in posture, which increase the 
resonant frequency.  This increase in frequency might indicate an increase in whole-
body stiffness.   
The effect of a backrest on transmission of seat vibration to the head has also been 
studied by many researchers.  The data tend to suggest that contact with a backrest 
will increase seat-to-head transmissibility in a seated person.  Some of the 
investigations have shown the response of the head to be nonlinearly correlated with 
vibration magnitude, which indicates the softening effect on human body is caused 
by changes in vibration excitation.   
   44 
 
 
0 2 4 6 8 10 12 14 16 18 20
0
0.5
1
1.5
2
2.5
3
Frequency [Hz]
Tr
an
sm
iss
ib
ili
ty
 
Figure 2.11: Transmissibilities to the head of seated subjects in the vertical direction 
measured in previous studies.  ( ) Median of ten subjects under normal gravity 
from Vogt et al. (1968);  ( ) Median of nine subjects under 1g acceleration 
from Mertens (1978); ( ) Median of four subjects at 1.5 ms-2 r.m.s. from Hinz 
and Seidel (1987);  ( ) Median of twelve subjects sitting on rigid seat with no 
backrest from Paddan and Griffin (1988); ( ) Median of eight subjects sitting in 
a normal posture from Kitazaki (1994); ( ) Median of eight subjects at 2.0 ms-2 
r.m.s. from Matsumoto and Griffin (2002c). 
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2.1.3 Seat-to-spine transmissibility 
Epidemiological studies point to WBV as one possible cause of LBP, particularly for 
professional drivers.  In a chronic vibration environment, the prevalence of LBP is 
dependent on a multitude of factors including subject posture, magnitude of input 
vibration, and exposure time.  A number of studies investigating the biodynamics of 
the spine have therefore been attempted, to gain a better understanding of the effects 
of WBV on the spine and how such effects can be prevented.  The following section 
focuses on the contributions of these experimental studies in investigating the 
biodynamic responses of the spine.  Table 2.2 summarises principal previous 
experimental studies of the dynamic response of the spine to whole-body vertical 
vibration. 
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Table 2.2: Summary of principal experimental studies of the dynamic response of the spine to whole-body vertical vibration  
Author(s) Subjects 
Characteristics 
Sitting Conditions Vibration Characteristics Reported 
Function 
Output 
Region 
 Number 
of 
subjects 
and sex 
Mass 
(Kg) 
Seat Posture Type Magnitude Frequency 
Range 
Duration 
(s) 
  
Hagena et al. (1986); Hagena 
et al. (1985)) 
2F, 9M 69 mean Hard-flat, 
no 
backrest 
 Sine 0.2g 3−40 Hz  Mean 
magnitude 
C7, T6, L1, L4, 
L5, Sacrum 
Panjabi et al. (1986) 5 59 mean Hard-flat, 
no 
backrest 
Upright and 
relaxed  
(legs supported, 
arms in lap) 
Sine 0.98 ms-2 
r.m.s. & 
2.94   ms-2 
r.m.s. 
2−15 Hz  Magnitude Sacrum, L3 
Hinz and Seidel (1987) 4 M 56−83  Moderately erect 
seated posture 
Sine 1.5 ms-2 
r.m.s. & 3.0   
ms-2 r.m.s. 
2−12 Hz 90 Mean 
magnitude 
and phase 
T5 
Magnusson et al. (1993) 3 49−62 Hard-flat, 
with 
backrest 
Driving posture 
with hand 
gripping a 
steering wheel 
Impulse  0−30 Hz 4 Gain 
magnitude 
and phase 
L4 
Kitazaki (1994) 8 M  Hard-flat Various:  erect, 
normal, and 
slouched postures, 
(legs supported by 
adjustable 
footrest) 
Random 1,7 ms-2 
r.m.s. 
0.5−35 60 Mean 
magnitude 
T1, T6, T11, L3, 
S2 
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Table 2.2 (continued): Summary of principal experimental studies of the dynamic response of the spine to whole-body vertical vibration 
Author(s) Subjects 
Characteristics 
Sitting Conditions Vibration Characteristics Reported 
Function 
Output 
Region 
 Number 
of 
subjects 
and sex 
Mass 
(Kg) 
Seat Posture Type Magnitude Frequency 
Range 
Duration 
(s) 
  
Lewis and Griffin (1996) 4M 61−76 Car seat Driving posture Random 0.5 ms-2 
r.m.s. & 1.5 
ms-2 r.m.s. 
0.5−50 Hz 60 Magnitude 
and phase of 
two subjects 
S2, T7 
Zimmermann and Cook 
(1997) 
30M Mean 
77.6 
Hard-flat, 
no 
backrest 
‘Sit up straight’ 
with inclination of 
pelvis, adjustable 
footrest 
Sine 1.0 ms-2 
r.m.s. 
4.5, 5, 6, 8, 
10, 12, 16 
Hz 
30 Mean 
magnitude 
T5 
Mansfield and Griffin (2000) 12M Mean 
68.3 
Hard-flat, 
no 
backrest 
Comfortable 
upright seated 
posture, legs 
supported 
Random 0.25−2.0 ms-
2 r.m.s. 
0.2−20 Hz 60 Mean 
magnitude 
and phase 
L3 
Matsumoto and Griffin (1998, 
2002c)  
8M 63−83 Hard-flat 
without 
backrest 
Comfortable and 
upright posture, 
feet not supported 
Random 0.125−2.0 
ms-2 r.m.s. 
0.5−20 Hz 60 Magnitude T1, T5, T10, L1, 
L3, L5, pelvis 
Verver et al. (2003) 10M, 1F Mean 
74.6 
Hard-flat, 
and car 
seat 
Upright posture, 
feet supported 
Sine 2.35 ms-2 
r.m.s. 
0.5−15 Hz  Mean 
Magnitude 
T1, pelvis 
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2.1.3.1 Seated Posture 
The effect of seated posture on the transmission of vertical seat vibration to the spine 
is possibly the most studied by many investigators.  A change of posture will often 
be visible to an observer.  Some of the terms that have been used to describe seating 
posture include ‘slumped’, ‘normal’, ‘erect’ or other variations.  The following 
investigations have attempted to determine the effect of seating posture on the seat-
to-spine transmissibilities of seated subjects.   
Pope et al., (1986) exposed a subject who had a Kirschner-wire (K-wire) inserted 
into the spinous process of the vertebra L3 to vertical discrete sinusoidal vibration at 
2, 4, 5 and 6 Hz with a magnitude of 0.2g.  The subject was seated in both erect and 
relaxed postures.  The researchers found a resonance of 4 Hz in both postures.  They 
observed that when the subject changed from a relaxed to an erect posture, the 
transmissibilities at 4 Hz and 5 Hz decreased; whereas the trend was reversed at 6 
Hz.  The authors concluded that changing posture influenced the resonant frequency 
in several ways.   
Using the same apparatus as Pope et al. (1986), Broman et al. (1991) compared the 
response of the spine at L3 in three subjects sitting in three different postures: a 
relaxed posture, an erect posture, and a Valsalva manoeuvre.  It was found that the 
resonant frequency of seat to L3 transmissibility increased from 5.0 Hz in the relaxed 
posture to over 6 Hz for both the erect and Valsalva manoeuvres.  A similar 
apparatus was used by Magnusson et al. (1993) to measure seat to L3 transmissibility 
in three female subjects.  Four postures were tested for each subject: anterior lean 
giving 80º between the seat and lumbar spine; upright giving 90º between the seat 
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and the spine; posterior lean against a backrest set at 110º; and posterior lean at 120º.  
In a similar result, they found that a peak in vertical transmissibility occurred at 
about 4 Hz to 8 Hz.   
The effect of three postures on transmission of vertical seat vibration to the spinal 
column was reported by Kitazaki (1994).  The postures were ‘slouched’, ‘normal’ 
and ‘erect’ with no backrest contact.  The author found that the mean frequency of 
the resonance in the seat-to-spine transmissibilities decreased from about 6 Hz in an 
erect posture to 5 Hz in a normal posture, and further decreased to 4 Hz in a slouched 
posture.  A second peak in transmissibility was observed in the measurements made 
at S2; these had a frequency of 8 Hz.  In contrast to the first resonant frequency, the 
secondary resonant frequency was not affected by changes in posture.  The mean 
vertical seat-to-spine transmissibilities of eight subjects in three different seating 
postures are presented in Figure 2.12. 
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Figure 2.12: Mean vertical seat-to-spine transmissibilities of eight subjects in (a) 
erect posture ( ), (b) normal ( ), and slouched posture ( ) as measured 
by Kitazaki (1994).  
 
From the above reviewed studies, it can be concluded that seat-to-spine 
transmissibilities in an individual are primarily caused by changes in body posture.  
Erect postures can cause a significant increase in vibration transmitted from the seat 
to the spine.  In contrast, slouched postures reduce the resonant frequency and 
magnitude of the transmissibility. 
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2.1.3.2 Muscle tension 
Muscle tension reflects muscle activity and the amount of tension applied in the 
muscle.  Changes in muscle tension may be described as ‘normal’ or ‘tensed’.  The 
effect of muscle tension on seat-to-spine transmissibility has been investigated in 
many studies and a summary of the findings is presented in this section. 
Hagena et al. (1985) and Hagena et al., (1986) inserted K-wires into the spinous 
processes of the C7, T6, L1, L4, L5 vertebrae and the sacrum to measure the 
acceleration responses of the spine.  A total of eleven subjects were exposed to 
vertical discrete sinusoidal vibration in the frequency range from 3 Hz to 40 Hz with 
a magnitude of 0.2g in sitting and standing postures.  The subjects were required to 
sit with the muscles both tensed and relaxed.  The transmissibilities from vertical 
motion of the sacrum to vertical motion of the vertebrae and the head were 
calculated.  The authors concluded that muscle tension had no effect on the 
transmissibilities found in either the standing or seated postures. 
Broman et al. (1991) also investigated the effect of muscle tension on the spinal 
response to impact excitation.  The subjects were asked to voluntarily pressurise the 
abdomen.  The acceleration transmissibility in vertical motion of the vertebrae L3 
showed a resonant peak at about 5 Hz with normal muscle tension.  This was 
increased to 6.2 Hz when the subjects pressurised their abdomens.   
2.1.3.3 Excitation magnitude 
An earlier study by Panjabi et al. (1986) compared the spinal responses to two 
magnitudes of 0.1 g and 0.3 g.  The acceleration transmissibilities from vertical seat 
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motion to vertical motion of the vertebrae L1 and L3 did not show any difference 
between the two magnitudes. 
Later, Hinz and Seidel (1987) conducted an experimental study to measure 
acceleration transmissibilities from vertical seat motion to vertical motion at the 
vertebra T5.  Four subjects were exposed to vertical discrete sinusoidal vibrations in 
the frequency range 2−12 Hz with magnitudes of 1.5 ms-2 r.m.s. and 3.0 ms-2 r.m.s.  
The peak resonant frequency was found at 4.5 Hz with the lower magnitude, and 
decreased to 4 Hz with the higher magnitude. 
The influence of vibration magnitude has also been reported by Mansfield and 
Griffin (2000).  In their experiment, twelve subjects were exposed to vertical random 
vibration in the frequency range of 0.2 Hz to 20 Hz at six magnitudes from 0.25 ms-2 
r.m.s. to 2.5 ms-2 r.m.s.  Results with vertical motion of the lumbar spine, L3, showed 
resonance at about 4 Hz and between 8 Hz and 10 Hz, as shown in Figure 2.13(c).  
Both of these resonances showed a reduction in frequency with increases in vibration 
magnitude from 0.25 ms-2 r.m.s. to 2.5 ms-2 r.m.s.  This indicates nonlinearity in 
vertical seat-to-spine transmissibility.  The authors have suggested two possible 
causes of nonlinearity in the frequency response: (a) a softening effect exists in the 
response of tissue beneath the ischial tuberosities, and (b) an active response of 
muscles in the body. 
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Figure 2.13: Median vertical transmissibility of 12 subjects measured at 0.25 ( ) 
,0.5 ( ),1.0 ( ), 1.5  ( ) 2.0 ( ), 2.5 ( ) ms-2 r.m.s. (a) Seat 
to lower abdominal wall, (b) seat to upper abdominal wall, (c) seat to L3, (d) seat to 
posterior superior iliac spine, and (e) seat to iliac crest.  Modified from Mansfield 
and Griffin (2000). 
 
A similar observation has also been reported by Matsumoto and Griffin (2002c), who 
exposed eight subjects to random vibration in the 0.5 Hz and 20 Hz frequency range 
at five different magnitudes:  0.125, 0.25, 0.5, 1.0, and 2.0 ms-2 r.m.s.  The authors 
measured acceleration transmissibilities from vertical seat motion to vertical motion 
at the spine in eight locations:  T1, T5, T10, L1, L3, L5 and at the pelvis.  They found 
that the resonant frequencies in the frequency response functions decreased with 
increases in vibration magnitude, as shown in Figure 2.14.  The authors concluded 
that a softening characteristic in the soft tissues in the body makes a contribution to 
decreases in resonant frequency associated with increases in vibration magnitude.   
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Figure 2.14: Mean transmissibilities from vertical seat vibration to vertical vibration 
at each measured location at five vibration magnitudes:( ) the lowest magnitude, 
0.125 ms-2 r.m.s.;  ( ) the greatest magnitude, 2.0 ms-2 r.m.s., as measured by 
Matsumoto and Griffin (2002c). 
 
2.1.3.4 Conclusions 
A substantial amount of research over the past four decades has investigated the 
effects of vibration on the human body.  Most investigations into the transmission of 
vibration through the body to the head have been conducted in controlled laboratory 
conditions.  Within the laboratory, the input motion has been generated and fed into a 
vibrator by a computer.  The effect of different input motions on the transmission of 
vibration through the body to the head could be minimised by using the same 
vibration waveform each time.  In real world automobile vibration conditions, rather 
less control over the experiment is available to the investigator, as there are many 
factors which are very difficult to control.  Variable including vehicle speed and 
terrain conditions, which can influence the measurements.  The literature reviewed 
does not reveal any instances where the vibration signal recorded in a vehicle has 
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been used to operate a motion simulator in order to measure transmission of 
vibration through the body.  A number of precious findings of various biodynamic 
responses to WBV have therefore been obtained through experimental investigations, 
instead of real world automobile vibrations. 
Transmission of vibration through the body has been measured at various body 
regions such as the thoracic spine, lumbar spine and sacral spine.  These data have 
led to an understanding of vibration transmission⎯especially motion and resonance 
characteristics.  Because the human body is a complex and uncertain structure, with 
large variability between subjects as well as within a subject, the experimental 
findings are not always consistent.  However, it can generally be concluded that the 
principal resonance reported in most of the studies occurs between 4 Hz and 6 Hz, 
and a secondary resonance, if any, occurs between 8 Hz and 12 Hz.  The vertical 
transmissibilities of seat vibration to the L3 lumbar vertebra measured in previous 
studies are shown in Figure 2.15.  On average, the magnitude of vertical seat-to-
vertebrae transmissibility is within the factor of 1.3−2.0.  The principal resonant 
frequency of the human body seems to consist of: (a) vertical motion of the entire 
body, accompanied by vertical movement of the pelvis due to axial and shear 
deformations of the buttock tissue; (b) bending motion of the lumbar spine in phase 
with fore-and-aft and pitching motion of the head.  The second resonant frequency 
seems to contain the pitch motion of the spine.   
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Figure 2.15: Vertical seat-to-L3 transmissibility measured in previous studies: 
( ) Mean values of five subjects exposed to sinusoidal vibration at 0.98 and 
2.94 ms-2 r.m.s. as measured by Panjabi et al. (1986); ( ) mean values of eight 
male subjects sitting in normal posture and exposed to vertical random vibration at 
1.7 ms-2 r.m.s. as measured by Kitazaki (1994); ( ) mean values of eight male 
subjects exposed to vertical random vibration at 1.0 ms-2 r.m.s. as measured by 
Matsumoto and Griffin (1998b); ( ) mean values of twelve male subjects 
exposed to vertical random vibration at 1.0 ms-2 r.m.s. as measured by Mansfield and 
Griffin (2000). 
 
The subject’s posture has been shown to affect the transmission of vibration through 
the body.  In general, the resonant frequency of a more erect posture causes the body 
to become stiffer, and hence increases the resonant frequency.  Several investigations 
into the effect of muscle tension on the responses of seat-to-spine transmissibilities 
have been carried out.  Generally, tensing muscles was found to increase the 
principal resonant frequency of seat-to-spine transmissibilities.  Most recent studies 
have established that resonant frequencies in the frequency response functions 
decreased with increases in the vibration magnitude.  This indicates that the 
nonlinear characteristics in the dynamic response of the human body are due to 
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WBV.  This may be attributed to ‘softening’ of the human body under higher levels 
of vibration excitation.  It should be noted however that some previous studies did 
not find any significant nonlinear characteristics due to changes in vibration 
magnitude.   
2.2 Biodynamic models 
As discussed in previous sections, many researchers have conducted laboratory 
experiments with volunteers to measure the transmission of vibration at the human-
seat contact interface.  The results of such experiments can yield reliable assessments 
of health risks, where representative subjects are sampled and appropriate test 
conditions are employed.  Likewise, the results of experiments could be used to 
validate numerical human body models.  However experiments involving human 
subjects pose serious ethical concerns, related to safety risks associated with 
vibration exposure.  An additional problem is caused by variations in subjects’ 
weight and build, yielding considerable variations in the measured data.  In 
recognition of the complexities of experiments, many researchers have proposed 
numerical human body models⎯which may be used in conjunction with analytical 
models of a seat, to simulate the vibration-related characteristics of coupled human-
seat systems.  Objective assessment methods based upon the use of a biomechanical 
human model offer considerable advantages over the use of human subjects, because: 
(i) potential safety risks for human subjects caused by exposure to 
vibration can be eliminated 
(ii) the ethical concerns and potential liability arising from vibration 
testing of human subjects can be avoided 
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(iii) the need to perform repetitive measurements with a large number of 
subjects can be eliminated 
(iv) the repeatability of measurements performed with biomechanical 
numerical human models can be enhanced, because this is not affected 
by variation in human subjects. 
Therefore, in recent years, the vast majority of investigations into the transmission of 
vibration responses subjected to WBV have used biodynamic models of increasing 
complexity (Buck and Woelfel, 1998; Fritz, 2000; Mansfield, 1997; Pankoke et al., 
2001; Smith, 1994; Verver and van Hoof, 2002; Verver et al., 2003). Various 
approaches and techniques of modelling have been developed to simulate the 
responses of the human body exposed to mechanical vibration.  The degree of 
complexity and design of these models have ranged from simple single degree-of-
freedom (DOF) models to complex nonlinear FE models.  In general, these models 
can be divided into three major groups:  lumped parameter models, multi-body 
models, and finite element (FE) models.  This section does not attempt to be an 
exhaustive review of all reported biodynamic models, but to draw together relevant 
publications that deal with seated human body models under vertical vibration.  This 
focus has been chosen because seated posture and vertical vibration direction are the 
factors most likely to be involved in a vehicle driving environment, and also because 
of the possibility that vertical vibration can have harmful effects on the spinal 
system.  
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2.2.1 Lumped parameter models 
This section presents a review of the lumped parameter models that have been 
developed to assess WBV exposure.  Lumped parameter models lump masses of the 
human body structure into a few concentrated masses, interconnected by ideal 
springs and ideal dampers.  Configuration of the models does not necessarily 
correspond to the anatomy of a human body.  However in many studies these models 
have proven to effectively capture and evaluate human dynamic properties involving 
human exposure to WBV.  A classic representation of a single degree-of-freedom 
(DOF) human body was developed by Coermann (1962).  This model is one of the 
simplest representations of a human body reported in the literature.  Configuration of 
the model did not correspond to the anatomy of the human body, but was an over-
simplification of the highly complex human body.  The masses of the human body 
structure were concentrated into one lumped mass connected by a spring and a 
damper to the seat.  Therefore the model predicted only one resonant peak in the 
transmission of vibration to the top mass, whereas the human body showed two or 
more resonant peaks depending on the posture adopted. 
Using a similar approach, Mertens (1978) did however develop a more sophisticated 
multi-DOF model of the seated human body.  This model comprises a single DOF 
part and a four DOF part.  The individual parameters of the model represent different 
parts of the body.  The values for the mass and spring elements were obtained either 
from anthro-dynamic data, or were calculated from the resonant frequencies of the 
different body parts.  Both transmissibility and impedance were calculated for the 
model, and these were compared with mean experimental data from nine subjects for 
four increased static accelerations.  The model simulates the response of the human 
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body with reasonable accuracy, though the ‘goodness of fit’ might have been 
improved for a specific situation.  
The models discussed above are those with linear elements and producing linear 
responses.  It has been shown elsewhere that the transmissibilities and apparent mass 
of the human body are nonlinear (Fairley and Griffin, 1989; Hinz and Seidel, 1987; 
Hopkins, 1971; Mansfield and Griffin, 2000).  Many attempts have therefore been 
made to develop nonlinear models; for instance, a complex multi-degree-of-freedom 
lumped parameter model for a seated human body was proposed by Muksian and 
Nash (1974).  Their anatomical representation of a seated body has both linear and 
nonlinear elements.  The model included masses associated with the head, back, 
torso, thorax, diaphragm, abdomen and pelvis.  Linear springs and dampers were 
used between the head and the back, and between the back and the pelvis.  Muscle 
forces were also included in the model as forces acting directly on the masses.  The 
driving point impedance and seat-to-head transmissibility of the model were 
compared with experimental data from human subjects.  It was shown that by using a 
combination of both linear and nonlinear elements, the model was able to predict 
motion of the body at different parts ranging from the abdomen to the head.  The 
calculated seat-to-head transmissibility of the model correlated well with 
experimental data from human subjects.   
Later, Muksian and Nash (1976) developed a 3 DOF model of the human body in the 
sitting position that contained a parallel connection between the pelvis and the head.  
The model included masses associated with the head, body and pelvis, connected in 
series.  The arms and legs were omitted.  The upper torso and thorax-abdomen were 
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lumped together into the body.  The model performed well when compared with 
experimental data for single frequency input.  However, the model is incapable of 
assessing conditions involving random vibration. 
In 1994, Qassem et al. (1994) presented an 11-mass two axis model of a seated 
human.  This model was subjected to a combination of horizontal and vertical 
vibrations at the hand or seat, or together.  This model was obtained by modifying 
the model presented by Muksian and Nash (1974).  The seat-to-head, seat-to-torso, 
and hand-to-lower arm force transmissibilities of the model were compared with 
those of experimental measurements in the frequency range between 4 Hz and 500 
Hz.  The model showed good correlation with the experimental data for seat-to-torso 
and hand-to-lower arm force transmissibility.  For seat-to-head force transmissibility, 
however the model did not match the experimental data very well, especially in the 
frequency range from 4 Hz to 40 Hz  
Demic (1989) used a nonlinear human model for parameter identification with 
driving point impedance.  The nonlinear model results correlate well with the 
experimental data obtained with various kinds of oscillatory excitation.  The author 
concluded that a nonlinear oscillatory sitting man model is better than a complex 
linear biodynamic oscillatory sitting man model.   
In 1994, Smith modelled the body as a 5 DOF system with masses representing the 
pelvis, spine, upper and lower torso, and the legs.  The masses were based on 
impedance measurements from four male subjects.  The model was presented as a 
quasi-static nonlinear model with the parameters for the model components 
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calculated for each of three magnitudes of motion.  To use the model, the magnitude 
of the motion is used with a look-up table to find the appropriate masses, stiffnesses 
and damping for the four linear elements.  The nonlinear DOF system represented 
the head/neck, upper torso/spine, pelvic mass and viscera.  The final system is a 
compromise between curve fitting of impedance and transmissibility measurements 
of experimental data. 
In an attempt to reproduce the softening response of the body, Mansfield (1997) 
proposed two lumped parameter models: (1) a model with quasi-static nonlinear 
elements, where the values for the lumped parameters were fitted at each magnitude 
of motion, and (2) a model incorporating nonlinear elements.  The author found that 
the model with quasi-static nonlinear stiffness and nonlinear masses corresponded 
very well with human subject experimental apparent mass data.  Similarly, the 
nonlinear element models with nonlinear stiffness and nonlinear mass corresponded 
well with experimental apparent mass.  However, systems with nonlinear damping 
did not show good representations of the nonlinearity of human subjects. 
In previous studies, lumped parameter models were generally derived from either 
measured mechanical impedance or vibration transmissibility response 
characteristics of the human subjects.  The effect of different variables, such as 
posture, effect of backrest, and vibration magnitude, was not distinguishable.  Most 
of the biodynamic models available resulted in curve fitting exercises.  The 
importance of anatomically accurate models should be emphasized, as this allows a 
better understanding of the effect of vibration on various parts of the body.  This rule 
should not, however, preclude the use of simple models to establish the general 
   63 
response of the body to vibration, as it is easy to develop lumped parameter models 
and to interpret the results.  Table 2.3 lists the models described above with their 
advantages and disadvantages. 
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Table 2.3: Overview of Lumped Parameter Models for prediction of human body vibration 
 
Author(s)  Model Description Advantages Disadvantages 
Coermann (1962) 
 
• Single DOF of a human body 
• Anatomical representation based on linear 
elements 
• Simple to develop and easy 
to understand  
 
• Human body 
configuration over- 
simplified  
• Not suitable for non-
linear responses 
Mertens (1978) 
 
• Multi  DOF model of a seated human 
body 
• Anatomical representation based on linear 
elements 
• Values for the mass and spring elements 
are based on anthro-dynamic data, and 
calculated from the resonant frequencies 
of the different body parts 
• Suitable for analysis of 
human behaviour in vertical 
vibration 
• Human body 
configuration over- 
simplified 
• Not suitable for non-
linear responses 
Muksian and Nash 
(1974) 
 
• Multi- DOF lumped parameter model of a 
seated human body 
• Anatomical representation based on both 
linear and nonlinear elements 
• Suitable for analysis of 
human behaviour in vertical 
vibration 
• Muscle forces were also 
included 
• Human body 
configuration over- 
simplified 
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Table 2.3 (continued): Overview of Lumped Parameter Models for prediction of human body vibration 
Author(s)  Model Descriptions Advantages  Disadvantages 
Qassem et al. (1994) 
 
• Multi DOF lumped parameter model of a 
seated human body 
• Anatomical representation based on both 
linear and nonlinear elements 
• Suitable for analysis 
of human behaviour in 
both vertical and 
horizontal vibrations 
 
• Human body 
configuration over- 
simplified 
 
Smith (1994) • 5  DOF lumped parameter model of a 
seated human body 
• Anatomical representation based on both 
linear and nonlinear elements 
• Masses based on impedance 
measurements of four male subjects 
• Suitable for analysis 
of non-linear 
responses of human 
behaviour in vertical 
vibration 
 
• Human body 
configuration over- 
simplified 
 
Mansfield (1997) 
 
• Single DOF of a human body 
• Anatomical representation based on 
nonlinear elements 
• Suitable for analysis 
of non-linear 
responses of human 
behaviour in vertical 
vibration 
 
• Human body 
configuration over- 
simplified 
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2.2.2 Multi-body models 
Multi-body models consist of a series of segments, occasionally of arbitrary shape, 
interconnected by various kinematic joints, which constrain the number of DOF 
between the segments.  These joints could be spherical, revolute, universal or free-
joint.  Multi-body techniques allow the definition of both rigid and flexible bodies.  
Multi-body models usually treat the spine as a layered structure of rigid bodies 
representing the vertebral bodies, and deformable flexible elements representing the 
intervertebral discs.  The number of segments and the nature of the joints between 
segments vary widely depending on the application of the resulting kinematic model. 
A correlation study was carried out by Amirouche and Ider (1988) to monitor seated 
human body motion at low frequencies using a detailed human model.  This study 
used springs and dampers to model the interfaces between the human body and the 
seat.  The model consisted of 13 rigid and flexible segments connected to one 
another by spherical, revolute and free-joints.  The rigid bodies represented the 
‘head’, ‘neck’, ‘upper torso’, ‘centre-torso’, ‘lower-torso’, ‘upper-arms’, ‘lower-
arms’, ‘upper-legs’ and ‘lower-legs’.  The connective tissues, muscles, ligaments, 
and vertebral discs were modelled by linear and nonlinear stiffness and damping 
matrices.  The model enables evaluation of the relative movements between the head, 
torsos, limbs and viscera.  The transmission of vibrations within the model was 
compared to experimental data presented elsewhere (Coermann, 1962; Griffin et al., 
1979; Pradko et al., 1967; Sandover, 1978).  The vertical seat-to-head 
transmissibility of the model was very similar to the experimental data in frequencies 
of up to 7 Hz range.  Likewise, the model phase angle of the vertical acceleration of 
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the middle torso had similar values to the experimental data in the frequency range 
from 2 Hz to 5 Hz, but had greater values in the 5 Hz to 13 Hz range.  In general, the 
model matched the experimental data particular well in the frequency range from 
1Hz to 7 Hz.  However, this model did not take into account the deformation of soft 
tissue and buttock tissue for contact with the seat.  Since deformations of soft tissues 
and seat interaction are significant factors in determining the modelling 
characteristics of the seat-human interface (Setyabudhy et al., 1997), the model still 
lacks competency.  
In 1996, Broman et al. (1996) developed a multi-body human model to determine 
vibration transmission from seat to lumbar spine (L3) in the seated posture.   The 
model was validated experimentally by mounting an accelerometer to the L3 
vertebra.  The authors concluded that the model lacked detailed sophistication, but it 
did allow the estimation of transfer functions from seat input accelerations to spine 
compressive forces.  The model matched the experimental results very well; 
however, different model parameter values were used when matching with different 
experimental data.   
Fritz (1997b, 2000) developed a two-dimensional multi-body seated human model to 
estimate spine forces due to WBV.  The complete model consists of head, neck, 
shoulder, thorax, abdomen, lumbar spine and pelvis using rigid bodies.  Additional 
force elements were used to model body muscle.  The rigid bodies were connected to 
each other by viscoelastic joint elements.  The joints allowed both rotational and 
translational motions similar to the motion segments of the spine, and forces and 
torques were transmitted to the joints.  The motion equations were derived by means 
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of the dynamics of systems of rigid bodies, and the motions were simulated in three 
directions.  The transfer functions of the model accelerations in x- and z-direction 
were reported, and satisfactorily corresponded to data reported in the literature.  
A novel human model has recently been presented by Verver et al., (2003).  This 
model was established from the existing 50th percentile MADYMO human model 
developed by TNO (TNO Automotive, 2001a).  One of the advantages of this model 
compared with previous models reported in the literature is that the outer skin is 
described as facet surface, which enables researchers to realistically assess the 
vibration transmission performance of the seat-human system.  The seat-to-head and 
seat-to-spine transmissibilities of the human model were compared to the experiment 
involving volunteer subjects conducted in Verver’s study.  The authors found that the 
simulated results show a good correlation with the results from the volunteers, except 
that the amplifications of some of the seat-to-human transmissibilities are slightly 
higher than those of the human subjects.  The human model was further used to 
investigate the compression and shear forces acting in the human spine.  The results 
show that maximum loading appears to be in the lumbar spine and lower thoracic 
spine.  
In general, multi-body models are presented in two or three dimensions.  The number 
of segments and the nature of the joints between segments vary widely depending on 
the application of the resulting kinematic model.  The human spine is usually 
represented by flexible elements or rigid bodies.  In some models, muscles have been 
modelled and elastic contact has been included to allow interaction between human 
and seat.  All the multi-body models mentioned have been used to examine vertical 
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vibration, based on experimental studies.  However, none of the described models 
have been used to study the non-linear characteristics of the human body undergoing 
vibration.  There is therefore a knowledge gap in the literature concerning the non-
linear characteristics of the human model in relation to excitation magnitude.  This 
knowledge gap in the literature has prompted the present research to investigate the 
non-linear characteristics of the human model in relation to excitation magnitude.  
Table 2.4 lists the described models with an assessment of their advantages and 
disadvantages for the selection of a human model to be used in the present study. 
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Table 2.4: Overview of Multi-body Models for prediction of human body vibration 
Author(s)  Model Descriptions Advantages Disadvantages 
Amirouche and 
Ider (1988) 
 
• 13 rigid and flexible segments connected 
to one another by spherical, revolute and 
free joints 
• Suitable for analysis of human behaviour in vertical 
vibration 
• 3 dimensional 
 
 
• Human spine not modelled 
• Outer skin not modelled 
Broman et al. 
(1996) 
 
• The horizontal (k1,c1) and vertical (k2,c2) 
subsystems represent the coupling between 
the subject and the seat. The rotational 
subsystem (k3,c3) represents the rotation of 
the upper body of the subject 
• Suitable for analysis of human behaviour in vertical 
vibration, especially in L3 
• Human body configuration 
over-simplified 
• No detailed human spine model 
• 2-dimensional 
Fritz (1997a, 
2000) 
 
• Rigid bodies were connected to each other 
by viscoelastic joint elements 
• Force elements were used to model the 
muscle of the body 
• Suitable for analysis of human behaviour in vertical 
vibration 
• Able to determine internal forces and torques in the 
spinal joints 
• Human body configuration 
over-simplified 
• No detailed human spine model 
(Thoracic spine not modelled) 
• 2-dimensional 
 
Verver and van 
Hoof (2002); 
Verver et al. 
(2003) 
 
• Human model consists of 92 rigid bodies 
connected by kinematic joint 
• Anatomical representation based on 
RAMSIS anthropometry 
• Suitable for analysis of human behaviour in vertical 
vibration 
• All spinal and neck vertebrae included 
• Outer skin for contact was modelled using 
triangular elements 
• The model allows the inclusion of finite element 
parts 
• Lumped soft tissues properties 
• Detailed lower lumbar spine 
has to be developed 
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2.2.3 Finite element models 
The continuous evolution and availability of affordable and powerful computers, the 
presence of popular computational package programs⎯which accurately simulate 
various specific features present in musculoskeletal systems⎯and recent advances in 
image analysis and reconstruction have encouraged the development of a more 
geometrically accurate finite element human model.  The finite element method 
divides a continuum into a number of finite elements representing its shape.  These 
elements can be volumes, surfaces, lines or combinations of these.  The elements are 
assumed to be interconnected at a discrete number of points, i.e. the nodes.   
Kitazaki and Griffin (1997) developed a two-dimensional finite element human 
model using the finite element method to represent a seated human.  In the model, 
beam, spring and mass elements were used to represent the spine, viscera, head, 
pelvis, and buttocks tissue in the mid-sagittal plane.  The model was developed by 
comparing the vibration mode shapes with those mode shapes previously measured 
in the laboratory.  At frequencies below 10 Hz, the model produced seven modes 
which coincided well with the measurements.  The principal resonance of the driving 
point response at about 5 Hz consisted of an entire body mode, in which the head, 
spinal column and the pelvis move almost rigidly, with axial and shear deformation 
of tissue beneath the pelvis occurring in phase with a vertical visceral mode.  The 
second principal resonance at about 8 Hz corresponded to a rotational mode of the 
pelvis, with a possible contribution from a second visceral mode. 
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A two-dimensional dynamic FE model of a seated man’s responses to WBV was 
used by Pankoke et al. (1998) to determine the internal forces transmitted to the 
lower lumbar spine (L3−L5).  The model was based on an anatomical representation 
of the lower lumbar spine (L3−L5).  The lower vertebrae were modelled by rigid 
bodies, which were interconnected by linear springs representing the intervertebral 
discs, ligaments and articular facets.  The viscera in this region were modelled by 
three rigid masses connected to each other by spring elements, which were also 
connected to the vertebrae by springs at each vertebrae level.  This lumbar spine 
model was incorporated into a dynamic model of the upper torso with neck, head, 
upper arms, forearms, pelvis, thigh, lower leg and foot.  All these parts were 
modelled as rigid bodies connected by linear stiffness.  The geometric and inertia 
properties of the model were defined from the biomechanical literature.  The 
mechanical impedance calculated by the model showed good agreement with the 
measured impedance obtained from the literature at frequencies below about 7 Hz.  
Likewise, the vibration transmissibility of the vertical seat vibration to the fore-and-
aft head motion of the model correlated well with measurements from the literature 
in the frequency range below 5 Hz.  This model was subsequently used by Seidel et 
al. (2001) to predict compressive and shear forces acting on the spine during WBV 
for a variety of boundary conditions: body mass, height and posture.    
Buck and Woelfel (1998) developed a two-dimensional dynamic finite-element-
model of a 50-percentile sitting man with a close representation of the human 
anatomy.  The model consists of nonlinear ligament models, a nonlinear contact 
model in the articular facet as well as a very detailed model of the lumbar spine and 
back muscles.  The muscle model contains the dynamic properties of passive and 
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active muscle tissue.  The complete model consists of rigid-body models of the upper 
torso with head, neck, and arms, viscera, pelvis and legs.  The model was validated 
by numerous static and dynamic experimental results obtained from the literature.  
The mechanical impedance calculated by the complete model correlated well with 
measurements in the literature.  The vertical seat-to-L3 transmissibility of the model 
also correlated well with the published experimental results.   
The model by Buck and Woelfel (1998) was subsequently employed by Pankoke et 
al. (2001) to predict dynamic spinal loads in the intervertebral disc L3-4 caused by 
WBV.  However, Pankoke and colleagues simplified the detailed-lumbar-spine for 
the practical applications they needed to achieve the objective of their study.  They 
modelled the vertebral bodies as rigid bodies, and the intervertebral discs were 
reduced to a set of five springs, while the posterior ligaments were combined in a 
single spring, connecting the posterior elements.  The remaining body parts were 
represented by their inertial and geometric properties and interconnected by linear 
springs. A major feature of this model is a simplified linearised version, which can 
adapt to any specific body height and body mass, and postures such as erect, relaxed 
and bent forward.   
The abovementioned finite element human models were developed based on human 
anatomy and their properties were derived from experimental biomechanical data.  
Finite element models are useful for local analyses of human behaviour, e.g. spinal 
loading at the lower lumbar spine level.  However, all the above described models 
are two-dimensional.  The buttock muscles or outer skins for contact interaction 
between human and seat are roughly modelled.  Although Pankoke et al. (1998) 
   74 
presented an FE spine model, the obligatory simplification of the structurally 
complex spine to rigid bodies and springs is frequently cited as a limitation in this 
approach to modelling injury mechanisms.  The simplified spine model cannot 
reproduce complex local deformations of the segmented spine and contact 
interactions between deformable surfaces.  To the author’s best knowledge, none of 
the models described has been suitable when attempting to predict internal stresses in 
the lower lumbar intervertebral discs, for the analysis of stresses at the intervertebral 
discs under WBV.  Therefore, a detailed FE model is needed to better predict injury 
mechanisms during WBV.  Table 2.5 lists the advantages and disadvantages of the 
FE models described above. 
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Table 2.5: Overview of finite element models for prediction of human body vibration 
Author(s)  Model Description Advantages Disadvantages 
Kitazaki and 
Griffin (1997)   
 
 
• Beam, spring and mass elements are used to 
model the spine, viscera, head, pelvis and 
buttocks tissue in the mid-sagittal plane 
• Suitable for analysis of human behaviour in 
vertical vibration 
• Human spine simplified using 
beam, spring and mass 
elements 
• Oversimplification of buttock 
tissues for contact 
• 2-dimensional 
Pankoke et al. 
(1998) 
 
• The model is based on an anatomic 
representation of the lower lumbar spine 
(L3-L5) 
• The complete model consists of upper torso 
with neck, head, upper arms, forearms, 
pelvis, thigh, lower leg and foot.  
• Suitable for analysis of human behaviour in 
vertical vibration 
• Suitable for analysis of internal force in the 
lower lumbar spine 
• Human thoracic and cervical 
spine simplified  
• Oversimplification of buttock 
tissues for contact 
• 2-dimensional 
Buck and Woelfel 
(1998) 
 
• The model consists of nonlinear ligament, 
nonlinear contact model in the articular 
facet, as well as a very detailed model of the 
lumbar spine and back muscles. 
• Suitable for analysis of human behaviour in 
vertical vibration 
• Detailed lower lumbar spine model 
• 3-dimensional 
• Human thoracic spine 
simplified  
• Oversimplification of buttock 
tissues for contact 
 
Pankoke et al. 
(2001) 
• The model consists of rigid vertebral bodies 
and intervertebral discs, which have been 
reduced to a set of five springs.  The 
posterior elements and ligaments are 
combined in a single spring, connecting the 
posterior elements. 
• Suitable for analysis of human behaviour in 
vertical vibration 
• Can adapt to any specific body height, body 
mass and posture 
• Suitable for analysis of internal force in the 
lower lumbar spine 
• Human thoracic spine 
simplified using linear spring 
• Buttock tissue for contact is 
roughly modelled 
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2.2.4 Discussion 
For many years biodynamic models have been used to represent vehicle occupants in 
WBV studies.  Developed using various modelling approaches, they can be divided 
into lumped parameter models, multi-body models, and finite element human 
models.  Many lumped parameter models have been developed to simulate the 
human response to WBV.  These vary from the relatively simple mass spring model 
containing one DOF (Coermann, 1962) to highly complex representations of the 
human body containing multiple DOF (Muksian and Nash, 1974; Qassem et al., 
1994).  The spring elements in these models are based on the assumption that the 
elastic spring obeys Hooke’s law: that the characteristic curve of restoring force 
versus displacement is a straight line.  However the complicated human body does 
not exhibit such linear characteristics.  In practice, simple mass, spring and damper 
elements do not always adequately describe the dynamic response of the human 
system.   
Lumped parameter models are generally composed of two fundamental types of 
component, mass and spring and, with occasionally an additional component type, 
the damper.  The numbers of each component determine the complexity of each 
mass-spring model. The model organises all of the fundamental components, with 
serial or parallel connections or with a combination of both patterns.  Many mass-
spring models are invented for the purpose of predicting the force and motion 
characteristics of the whole human body.  With only simple calculation and 
interpretation required, single-mass models have been a popular choice when 
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modelling the human body for the prediction of simple motion characteristics in the 
human system.   
These models have usually related only to vertical motion, using approximate 
anatomical masses, and spring and damper characteristics derived from available 
biomechanical data.  In some cases stiffness and damping ratios have been based on 
a comparison of the dynamic response with experimental measurements; therefore 
they are not always anatomically correct.  Such models are two-dimensional, and 
they also appear to be curve-fitting models, since the geometrical parameters are 
chosen to fit the limited experimental data.  Further limitations of lumped parameter 
models are that the dampers are assumed to have no mass or stiffness, the masses are 
assumed to be rigid and the springs are assumed to be mass-less and to dissipate no 
energy.  For these reasons simple lumped parameter models do not adequately 
represent the human response to WBV. 
Further development of biodynamic models has emphasised anatomical correctness.  
For instance the whole human model by Buck and Woelfel (1998) contains spinal 
models which are closely related to the anatomy of the spine, and include the facets.  
This study has shown the importance of an anatomically correct model, and it allows 
a better understanding of the effects of vibration on various parts of the human body 
(particularly the internal forces acting on the spinal column) which have attracted 
considerable attention.  Although FE models can accurately predict local 
mechanisms, they impose high computational costs.  For analysis of vertical 
vibration that resembles the scenario in real world automobile vibration, prolonged 
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simulation times are required.  For that reason the multi-body technique is 
preferable, due to its high computational efficiency compared with a FE technique. 
The model described by Pankoke et al. (2001) can be applied to different postural 
configurations, which also take into consideration the potentially dynamic properties 
of passive as well as active muscle tissues.  However this model lacks musculature 
description for contact between the human body and the seat⎯the musculature was 
inadequately represented as linear springs and dashpots, thus limiting the level of 
accuracy for contact interactions between model and seat.  Realistic description of 
contact interaction between human and seat is required to predict the transmission of 
vibration from seat to human.  As discussed in section 1.3, this thesis focuses on the 
development of a human model that is able to predict the transmission of vertical 
vibration from seat to human.  The three-dimensional multi-body human of Verver et 
al.(2003)⎯which uses a MADYMO-code⎯seems to have the most to offer.  This 
model is anatomically very detailed, and the outer skin is described as facet surface, 
which enables the researcher to realistically assess the vibration transmission 
performance of the seat-human system.   
Experimental investigations have shown that the biodynamic responses of WBV 
reveal nonlinear characteristics.  For instance, many studies have shown a shift in 
resonant frequency due to a change in excitation magnitude.  This has led some 
researchers to incorporate nonlinear elements into biodynamic models (Mansfield, 
1997; Smith, 1994).   However, the effectiveness of this incorporation of nonlinear 
elements into numerical models in the investigation of nonlinear 
characteristics⎯especially the transmissibility response function⎯has not been 
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apparent, due to vibration magnitude.  Therefore, current literature dealing with 
biomechanical modelling of the whole human reveals a knowledge gap: in the 
description of non-linear elements affecting nonlinear acceleration transfer functions 
observed in the human body. 
As discussed in section 2.2.3, analysis of stress distribution in the lower lumbar 
intervertebral discs requires accurate prediction of the deformation of spinal 
segments; therefore the finite element method has to be used.  In the existing 
MADYMO human model the spinal segment is described using ellipsoids, which 
prevent prediction of local deformation of the spinal segment.  This model does 
however allow the inclusion of finite element parts for a detailed investigation of 
local mechanisms.  For this reason, a MAYDMO-code has the most potential to fulfil 
the selection requirement for a human model to be used in the present study.    The 
MADYMO simulation code allows for the use of a multi-body technique for 
vibration analysis, and also for a finite element technique for analysis of internal 
stress distribution in intervertebral discs. 
2.3 Lumbar spine anatomy 
An overview of the anatomical and biomechanical considerations of the lumbar spine 
is provided here for reference.  The description of the human lumbar spine that 
follows is extensively based on the work of (Bogduk, 1997; Giles and Singer, 1997; 
Goel and Weinstein, 1990; White and Panjabi, 1990).  For detailed information, 
please refer to these references books. 
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The human vertebral column is a complex structure consisting of vertebrae, discs and 
ligaments, whose interaction with muscles provides flexibility of motion, spinal cord 
protection and load bearing capabilities.  The lumbar spine is typically composed of 
five completely segmented vertebrae.  The basic structure of the lumbar spine is 
similar in all of its subdivisions.  However, the vertebral bodies increase in size 
passing from the first lumbar vertebral column down to the fifth vertebral column, 
with the fifth lumbar disc commonly the largest.  The lumbar spine is a flexible yet 
strong structure, combining strength and flexibility by alternately interposing rigid 
bony vertebrae with deformable cartilaginous discs.  A lateral view of the lumbar 
vertebral column is shown in Figure 2.16. 
 
Figure 2.16: Lateral view of lumbar vertebral column (modified from Bogduk, 
1997). 
 
2.3.1 Vertebrae 
The lumbar vertebra is comprised of two principal parts: (a) the anterior vertebral 
body, and (b) the posterior vertebral arch with its processes.  Each vertebra has a 
  81 
similar structure, except that the size and mass of the vertebra increases from L1 
down to the L5 vertebral column.  The sagittal and cranial views of a lumbar vertebra 
are shown in Figure 2.17. The vertebral body is cylindrical in shape, essentially flat 
at top and bottom surfaces, and with slightly concave anterior and lateral surfaces.  It 
consists mostly of spongy bone covered by a thin layer of cortical bone.  Projecting 
from the back of the vertebral body are the posterior elements, which consist of the 
laminae, articular processes, spinous processes and transverse processes.  The 
posterior elements are connected to the vertebral bodies by the pedicles.  The 
inferolateral corner and inferior border of each lamina is developed into an inferior 
articular process.  Extending upwards from the junction of the lamina and pedicle on 
each side, the superior articular process is formed.  The spinous, transverse, 
accessory and mamillary processes are also found at the posterior elements.  These 
processes provide areas for muscle attachments. 
 
Figure 2.17: Sagittal and cranial view of vertebral body:  VB-vertebral body; P-
pedicle; TP-transverse process; SP-spinous process; L-lamina; SAP-superior 
articular process; IAP-inferior articular process; SAF-superior articular facet; iaf-
inferior articular facet, RA-ring apophysis, NA-neural arch (from Bogduk, 1997). 
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2.3.2 Intervertebral disc 
The intervertebral discs comprise of two basic components:  a central nucleus 
pulposus, and a peripheral annulus fibrosis which surrounds the nucleus pulposus.  
The nucleus pulposus is a semi-fluid mass of mucoid material and consists of nearly 
75-80% water (Giles and Singer, 1997).  This gives the central portion a gel-like 
appearance.  Biomechanically, the fluid nature of the nucleus pulposus allows it to be 
deformed under pressure, but as a fluid, its volume cannot be compressed.  
(Therefore it has more good shock-absorbing properties).  The outer annulus is 
composed of concentric layers of collagen fibres embedded in the ground substance.  
The collagen fibres are arranged between 10 and 20 layers called lamellae.  Within 
each lamella, the collagen fibres are oriented approximately 65-70° vertically at the 
peripheral layer, but become progressively more oblique with each underlying layer.  
The alternating spiral arrangement of the fibres in successive lamellae gives great 
strength and helps to limit movements.   
A third component of the intervertebral disc comprises two layers of cartilage which 
cover the top and bottom aspect of each disc.  Each is these layers is known as a 
vertebral endplate, and serves to separate the other two components of the disc from 
the vertebral body (Figure 2.18). 
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Figure 2.18: The basic structure of the intervertebral disc: NP- nucleus pulposus; AF-
annulus fibrosus; R-bony rims; CP-cartilage endplate (modified from White and 
Panjabi, 1990, and Giles and Singer, 1997). 
 
2.3.3 Endplate 
The endplate is a two-layered structure, the layer toward the intervertebral disc being 
cartilaginous and the layer toward the vertebrae being subchondral bone.  These 
make the endplate about 0.6-1 mm thick, generally being thinnest in the central 
region (Goel et al., 1990; Bogduk, 1997; Giles and Singer, 1997).  Histologically, the 
endplate consists of both hyaline cartilage and fibrocartilage.  The composition of the 
endplate is not uniform, with hyaline cartilage occurring towards the vertebrae and 
fibrocartilage occurring towards the nucleus pulposus (Bogduk, 1997).  The 
fibrocartilage is formed by the insertion into the endplate of collagen fibres of the 
annulus fibrosus.  Due to the attachment of the annulus fibrosus to the vertebral 
endplate, the endplates are strongly bonded to the intervertebral disc.  In contrast, the 
endplates are only weakly attached to the vertebral bodies, and can be wholly torn 
from the vertebral bodies in certain forms of spinal trauma. 
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2.3.4 Articular facet joints 
The facet joints are the right and left articulations of the superior articular process of 
one vertebra with the inferior articular process of the vertebra above (Figure 2.19).  
They are a true diarthrodial joints, complete with a joint capsule and synovial lining.  
The principal function of articular facet joints is to provide a locking mechanism that 
resists forward sliding, excessive flexion and twisting of the vertebral body.  The 
superior facet is slightly concave and the interior slightly convex.  The configuration 
allows flexion/extension, lateral bending and axial rotation.  
Another important function of the facet joints as described in several biomechanical 
studies is the bearing of weight.  King et al. (1975) conducted a dynamic study of 
whole cadavers and found that the share of the load carried by the facet joints is 
between 0% and 33%, depending upon the spine posture.  A similar observation has 
also been made by Nabhani and Wake (2002), who reported that the facet joints can 
normally carry between 10-40% of the compression loads the vertebrae is subjected 
to, depending on the posture of the spine.  Likewise, Adams and Hutton (1980) 
found that the articular joints resist about 16% of the intervertebral compressive 
forces in the erect standing posture, whereas in the erect seated posture they resist 
none.   
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Figure 2.19: Articular facet joint between two lumbar vertebrae, using (a) lateral 
view and (b) posterior view: C- capsule; AC-articular cartilages (modified from 
Bogduk, 1997, and Goel et al., 1990). 
 
2.3.5 Ligaments 
Ligaments allow adequate physiological motion and provide structural stability to 
the spinal system.  They also protect the spinal cord by restricting the motions within 
well-defined limits, and are the primary tensile load-bearing elements.  They readily 
resist tensile forces but buckle when subjected to compression.  When the spinal unit 
is subjected to different complex force and torque vectors, the individual ligaments 
provide tensile resistance to external load by developing tension.  Since ligaments 
are passive elements, their tension depends on their length; they also present 
viscoelastic behaviour, in which their deformation depends upon the rate at which 
the load is applied. 
There are several ligaments spanning a motion segment, each one with different and 
interlinked functions.  The anterior and posterior longitudinal ligaments run through 
the entire length of the vertebral column, adding to the support of the vertebral body 
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and disc.  The anterior longitudinal ligament attaches firmly to the edges of the 
vertebral body and loosely to the vertebral bodies. The posterior longitudinal 
ligaments lie within the vertebral canal along the posterior aspect of the vertebral 
bodies.   
The ligamentum flavum joins the lamina of the adjacent vertebral arches.  The 
ligamentum flavum is highly elastic and strong compared to other ligaments.  Its 
elastic properties allow the preserving of the normal curvature of the vertebral 
column and straightening of the column after it has been flexed.  They also maintain 
the upright posture of the spinal column.   
The interspinous ligaments connect adjacent spine, and their attachments extend 
from the roots to the apex of each process.  The supraspinous ligaments join the tip 
and edges of the spinous process.  The interspinous and supraspinous ligaments have 
an important role in resisting spine flexion.   
The intertransverse ligaments join the transverse processes of the vertebra.  These 
ligaments have no mechanical significance in the lumbar region due to their 
negligible cross-sectional size.  The capsular ligament is a thin band of connective 
tissue which surrounds the facet joints.  It attaches to the articular regions of the 
superior and inferior facets and medially blends with the ligamentum flavum.  A 
schematic representation of the ligament of the spine in the lumbar region is shown 
in Figure 2.20. 
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Figure 2.20: Ligament of the spine, from White and Panjabi (1990). 
 
2.3.6 Muscles of the spinal column 
The surrounding soft tissues⎯the muscles⎯also affect the biomechanical functions 
of the spinal column.  According to White and Panjabi (1990) soft tissues act in the 
transmission, attenuation, and distribution of forces resulting from impact and/or 
vibratory motion applied to the pelvis.  An active control system working through 
the muscle maintains the shape of the spine.  The soft tissue components have also 
been shown to increase the stiffness and damping characteristics of the spinal column 
(Pope et al., 1990; Wilder et al., 1982).   
The muscles provide stability and control to the spinal column.  Without the muscles, 
the spine would buckle under an axial load as small as 20 N.  The muscles of the 
back are symmetrically arranged left and right, and in opposing flexion/extension 
groups, supporting and controlling the spine within the range of motion imposed by 
the ligaments and joints.   
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The muscles of the human spine can be broadly classified into two large groups: 
postvertebral and prevertebral, depending upon location and insertion point.  The 
former group is primarily located anterior or near the body, and the latter located 
posterior to the vertebral body.  These sets of muscles can also be divided by left and 
right side.  The prevertebral muscles include the four sets of abdominal muscles: 
external oblique, internal oblique, transverse abdominus, and rectus abdominus. 
The postvertebral muscles are a more complex set and include the deep, intermediate 
and superficial groups.  The deep muscles are short and connect the adjacent spinous 
processes.  The intermediate muscles connect a transverse process with the above 
spinous processes.  The superficial muscles are collectively called the erector spinae.  
These muscles control the curvature and give sagittal and lateral stiffness to maintain 
stability of the spine. 
Muscle produces force via tension, and one group will be more active than the other 
in a single motion.  However controlled motion requires the activation of both sets of 
muscles.  Therefore, the degree of stability of the in vivo human spine must depend 
on the relative activation of all muscles crossing the lumbar spine, and requires an 
orchestrated effort to function properly.   
2.4 Mechanical characteristics of lumbar motion segments 
The biomechanics of the spine explain how the spine behaves when forces or 
moments act upon it.  Various techniques, including in vitro analyses, finite element 
modelling, advanced radiographing, and sophisticated biological characterisation 
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have revealed considerable detail about the functional workings of the spine.  For the 
purposes of this research, spine biomechanics within the lumbar region are focused 
on.   
In the past couple of decades, the mechanical characteristics of a single human 
lumbar motion segment or functional spinal unit (FSU) have been explored 
experimentally by numerous investigators (Asano et al., 1992; Berkson et al., 1979; 
Lin et al., 1978; Markolf, 1972; Miller et al., 1986; Panjabi et al., 1977; Schultz et 
al., 1979; Tencer et al., 1982).  A FSU includes two adjacent vertebrae, the 
intervening disc, and the associated ligaments between them.  The stiffness of a FSU 
may be measured by a stiffness curve that describes how far the spine is displaced 
under a specific load.  The studies just mentioned defined the mechanical response 
by means of main and coupled stiffness characteristics.  They measured 
experimentally the principal displacements and coupled displacements of lumbar 
intervertebral joints under external forces and moments.  Forces and moment applied 
to motion segments along or about the anterior-posterior, lateral and axial axes 
produced main and coupled translations and rotations by which the complex 
flexibility characteristics of the motion segments are generated.   
The protocol used for testing the mechanical properties of spinal components usually 
involves mounting the isolated specimen within a testing set-up using appropriate 
fixtures.  One fixture is attached to the base of a test rig and the other fixture is 
forced to move under controlled conditions.  The direction and the speed of the 
moving fixture determine the nature of the load applied to the specimen.  The 
application of any one of the load components produces displacement of the upper 
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vertebra with respect to the lower vertebra.  Figure 2.21 shows the external forces 
and moments applied to a motion segment, as well as the resulting displacements. 
 
Figure 2.21: Loading conditions and resulting displacements (modified from White 
and Panjabi, 1990). 
 
In an earlier study, Markolf (1972) investigated the deformation of intervertebral 
joints in response to external forces and moments.  A total of twenty-six lumbar 
invertebral joints were tested.  The mean static rotatory stiffnesses of the lumbar 
vertebrae for lateral bending, flexion and extension were reported to be in the range 
of 9.5 to 13.5 Nm/°. 
In 1977, Panjabi et al. (1977) investigated the effect of preload on the mechanical 
properties of lumbar motion segments.  The experiment consisted of applying a 
given axial preload to a motion segment, followed by physiological loads.  Three 
lumbar motion segments were studied.  However, result curves of only one motion 
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segment (L3-L4) were presented.  The authors found that the spine becomes more 
flexible in the presence of preloads with the physiological forces in the lateral and 
anterior directions, and of moments that produce lateral bending or flexion.  They 
also found that the addition of preloads made the motion segment less flexible in 
axial torque.   
The next milestone was achieved by Berkson et al. (1979) , and Schultz et al. (1979).  
Their publications are perhaps the most cited in the spine biomechanics literature.  
They studied the mechanical properties of 42 fresh human cadaveric lumbar motion 
segments in compression, shear, bending and torsion loads.  Loads consisting of 
bending and torsion moments up to 20.5 Nm, and shear loads up to 205 N were 
applied to the test specimens.  A compressive preload of 400 N was applied to 
simulate the weight of the body segments above L3 in an average adult male.  Mean 
values of principal motions resulting from application of external loads across all 42 
specimens were presented.  At 145 N applied shear loads, the displacement in 
posterior shear is greater than in anterior.  Shear loads were found to be accompanied 
by small bending moments, and motion segments were more flexible in shear than in 
compression.  In response to the application of bending and torsion moments, the 
motion segments were the least flexible in torsion.  A 1.4° rotation resulted from a 
10.6 Nm torsional moment, and a rotation of approximately 5° resulted from a 10.6 
Nm in flexion and lateral bending moments. 
Similarly, Tencer et al. (1982) conducted a study to investigate the static load-
displacement characteristics of human lumbar motion segments.  No conclusion 
about the effect of preload could be formed due to scatter in the data.   
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The mechanical characteristics of the human lumbar spine motion segments under 
large loads have been investigated by Miller et al. (1986).  In this study, shear forces 
of up to 1029 N and bending moment up to 95 Nm were applied to test specimens, 
where the specimens were allowed to undergo substantial deformations.  The motion 
segments were capable of resisting large loads, over 539 N in shear and 59 Nm in 
bending, without failure.  Endplate translations of up to 9 mm occurred during the 
testing.  Rotation of up to 18° without failure was recorded in response to 980 N of 
anterior shear with its accompanying bending moment of 50 Nm.   
More recently, Asano et al. (1992) investigated the mechanical properties of ten 
fresh human L4-L5 motion segments.  The structural effects of the posterior elements 
on axial compression-tension and axial tension within the range of physiological 
loads were tested.  The authors found that under compressive loads of up to 350 N, 
the displacement of the intact functional spinal unit is about 0.5 mm.  The mean 
values and standard errors of compressive and tensile stiffness coefficients were 
presented.    
An investigation into the mechanical characteristics of the lumbar spine in terms of 
disc bulge was carried out by Lin et al. (1978).  Disc bulge in response to shear and 
bending moment combined with compression was reported.  The authors concluded 
that compression preload has a stiffening effect on load deflection in shear.  Later, a 
more comprehensive study was reported by Reuber et al. (1982).  The authors found 
that compressive loads of up to 800 N, with and without bending moments of up to 
11.8 Nm, mean disc bulge of up to 2.7 mm may occur, as compared to the unloaded 
states. 
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Although all aforementioned the studies provide important information with respect 
to understanding the behaviour of the spine, there are many disadvantages associated 
with cadaveric studies.  A key disadvantage to in vitro testing is the high level of 
inter-specimen variation (Iatridis et al., 1997; Nachemson et al.).  There are other 
difficulties associated with simulating realistic physiological loading conditions.  In 
addition to ambiguity in loading design, it is also difficult to mimic the in vivo 
conditions.  The muscles have an active role in load bearing and maintaining spinal 
stability, and this muscle activity is sacrificed during in vitro testing.  The response 
of the spinal segment to the testing conditions is also difficult to quantify, especially 
as the actual stress distribution of material involved during the experiment is difficult 
to determine.  Because of the limitations of in vitro studies, over the years many FE 
models have been developed to supplement such studies and to investigate the 
mechanical behaviour of the spine.   
2.5 Finite element (FE) lumbar spine models 
This portion of the review highlights previous work which has helped to shape the 
present thesis’ study of the development of the FE lumbar spine model.  This chapter 
is neither a comprehensive treatise nor an exhaustive survey of the state of the art in 
the study of the FE lumbar spine models.  Its aim is to present, in as complete and 
rigorous a manner as possible, the basic theoretical and mechanical concepts 
necessary to comprehend the foundations of a vast and active field of research 
related to mathematical and FE lumbar spine models.   
In one of the pioneer studies, Belytschko et al. (1974) developed an axisymmetric 2D 
FEM to determine the mechanism of load transfer in the human spine through the 
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rigid vertebrae and deformable intervertebral discs (Figure 2.22).  The 2D FEM 
represents the intervertebral joint (without the anterior and posterior longitudinal 
ligaments) lumping together the properties of the cancellous core, cortical shell, 
vertebral endplates, nucleus pulposus and the annulus fibrosus.  All the components 
of the body and the endplates were assumed to be homogenous and isotropic.  The 
nucleus was assumed to be incompressible and in a state of hydrostatic stress.  The 
disc annulus was divided into a number of regions, with each subregion modelled as 
a single, homogeneous, orthotropic material.  The model was validated by matching 
the overall behaviour of the FE model disc to experimental data for axial loading 
conditions.   
 
Figure 2.22: A detailed 2-D representation of the lumbar disc-body unit, by 
Belytschko et al. (1974). 
 
The model was further developed by Kulak et al. (1976) to investigate the nonlinear 
behaviour of the disc under axial load, based on the idea that the nonlinearities were 
due to nonlinear elastic behaviour of the annulus fibrosus.   
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However, due to the fact that the vertebral body and disc are obviously not 
axisymmetric, researchers have begun to move towards developing 3D FE disc body 
units to simulate clinical problems in the spine. 
One of the earliest 3D FE nonlinear models was developed by Shirazi-Adl et al. 
(1984).  The authors developed a detailed nonlinear lumbar L2-L3 disc body unit to 
determine stress and strain distribution under axial compressive load.  The L2-L3 disc 
body unit is presented in Figure 2.23.  The nucleus pulposus has been modelled as an 
incompressible inviscid fluid, and the annulus modelled as a composite material of 
collagenous fibres embedded in a ground substance.  The fibres were treated as a 
homogeneous isotropic material.  The analysis accounted for the material and the 
geometric nonlinearities.  For their analysis, the authors assumed that the mechanical 
effect of the cartilaginous endplate was negligible.  The validity of the model and the 
analysis procedure was established by a comparison with in vivo and in vitro 
measurements under axial compressive load. 
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Figure 2.23: Finite element model of L2-3disc-body unit. (a) sagittal cross-section; (b) 
mid-height (Z=0) section; (c) endplate section; (d) annulus bands and fibre 
orientation (modified from Shirazi-Adl et al.,1984).  
 
The nonlinear concept was then used by Ueno and Liu (1987) to develop a 
geometrical nonlinear L4-L5 motion segment to determine failure in the lumbar 
intervertebral joint under torsion mode.  The graphical view of the model is shown in 
Figure 2.24.  The geometry of a typical L5 vertebral body was obtained from a dried 
vertebral specimen.  The geometry of the L4 vertebral body was assumed to be the 
same as the L5 vertebral body.  The vertebral body was composed of a cortical bone 
shell, a cancellous bone, cartilaginous endplates, and posterior elements.  The 
annulus ground substance was assumed to be composed of eight laminate layers.  
The fibres within each laminate had an average angle of 37.7 degrees to the 
horizontal plane while embedded in a crisscross manner in the ground substance.  
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The nucleus pulposus was modelled as an incompressible fluid.  All seven spinal 
ligaments were also included.  All the material properties were assumed to be linear.  
The nonlinearity of the model resulted not from material nonlinearity, but from the 
geometrical nonlinearity of the mesh fibres embedded in the ground substance.  The 
model was verified by comparing the finite element model results with published 
experimental data.  The model provided good correlation with experimental data 
under compression, flexion and extension loads. 
 
Figure 2.24: Three-dimensional finite element model of L4-5 disc-body unit 
(modified from Ueno and Liu, 1987). 
 
Goel et al. (1993) presented one of the first detailed FE models to feature realistic 
geometry of an L3-L4 segment, as shown in Figure 2.25.  The geometric data of the 
L3-L4 motion segment was obtained from a 1-mm thick computed tomographic (CT) 
scan (cross-section) of a cadaveric ligamentous spine specimen.  The model 
contained all the biomechanically important spinal structures such as the disc 
nucleus, annulus ground substance, annulus fibres, ligaments, facet joints, and facet 
capsules.  The cortical shell, the cancellous bone core of the vertebral body and the 
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posterior bony elements were modelled as 3D brick elements.  The material 
properties were assumed to be homogeneous and isotropic.  The annulus fibrosus 
was modelled as a composite material comprising a series of fibres embedded in the 
ground substance.  The fibres were modelled as tension-only cable elements.  The 
hydrostatic characteristics of the nucleus pulposus were simulated by assigning the 
nucleus a very small Young’s modulus.  The ligaments were modelled as tension-
only cable elements.  Gaps across the facet surface were represented by 3D interface 
elements, which are capable of supporting a compression-only load acts in the 
normal direction to its surfaces.  The results from the model were compared with 
experimental data in the literature to validate the predictions.  The intradiscal 
pressure predicted by the model was found to correlate well with the intradiscal 
pressure values reported in the literature.  The authors were therefore confident that 
their finite element model of the L3-L4 was realistic, clinically relevant, and accurate 
for practical purposes.    
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Figure 2.25: Three-dimensional finite element model of the L3-4 motion segment 
(modified from Goel et al.,1993). 
 
It has been suggested that soft tissues possess viscoelastic properties, which show 
creep and stress relaxation behaviour when subjected to repetitive loading (Adams et 
al., 1996; Iatridis et al., 1996; Oliver and Twomey, 1995).  A nonlinear viscoelastic 
finite element model of a L2-L3 motion segment was therefore developed by Wang et 
al. (1997b) to quantify the mechanical response of the motion segment to time-
varying external loads.  Seven distinct structural regions were simulated in the 
model:  cortical bone, cancellous bone, posterior bony element, endplate, ligaments, 
annulus fibres, and nucleus pulposus (Figure 2.26).  Four loading conditions were 
considered: quasistatic, constant loading rate, creep, and cyclic relaxation.  In order 
to validate the model, the simulated results were compared with experimental data in 
the literature.  The validation study confirmed that the model allowed the researchers 
  100 
to investigate injury mechanisms using a series of systematic numerical simulations 
based on different failure criteria. 
 
 
Figure 2.26: Nonlinear viscoelastic finite element model of a L2-L3 motion segment 
(modified from Wang et al.,1997). 
 
Just prior to the study by Wang et al., Lu et al. (1996) had developed a FE of a L2-L3 
motion segment⎯to determine the effect of compression, bending and twisting, and 
diurnal fluid changes in the disc on the propensity to disc prolapse.  All solid 
components, including the cortical and cancellous bone, endplates, annulus ground 
substance, and posterior bony structures were simulated by 3D brick elements.  The 
nucleus pulposus was modelled as an incompressible fluid. The authors incorporated 
viscoelastic material properties within the collagen fibres and ligaments, which were 
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simulated by 2D cable elements that could sustain stresses only.  The facet joints 
were simulated by sliding contact elements that assumed a zero contact pressure at a 
gap of 0.5 mm and a contact pressure of 5000 MPa when the gap was closed 
completely.  All material properties were assumed to be linear isotropic.  This model 
shows that bending and twisting, compressive load, and diurnal changes in fluid 
content of the discs are factors that influence the mechanical integrity of the disc. 
The FE of a L2-L3 motion segment is presented in Figure 2.27. 
 
Figure 2.27: The FE model of a lumbar L2-3 motion segment (modified from Lu et 
al., 1996). 
 
Recently, Lizee et al. (1998) developed a whole human model with a detailed 
representation of the spinal system.  The geometry of each lumbar vertebra was 
reduced to the vertebral body, which was assumed to be rigid.  The joint between 
two lumbar vertebrae was represented only by a stiff intervertebral disc, which was 
modelled by four brick elements.  Muscles and ligaments around the lumbar spine 
were not simulated.  The viscoelastic material law was accounted for in modelling 
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the intervertebral disc.  The reliability of the complete human model was validated 
against cadaver responses in various impact tests.  The results demonstrate the 
feasibility of modelling a biofidelic human substitute. 
Finite element models of the lumbar spine have shown a steady, continuous advance 
in complexity.  The earliest studies used relatively simple linear models that captured 
the overall behaviour of motion segment, but did not provide a great deal of 
information about component behaviour.  Belytschko et al. (1974) and Spilker 
(1980) assumed an axis-symmetric geometry, allowing a single two-dimensional 
slice to represent the entire motion segment.  A more complex model was later 
developed by Shirazi-Adl et al. (1984).  A full three-dimensional representation of 
motion segment was developed, and the annulus was divided into separate elements 
for the fibres and ground substance.    
Subsequent papers extended the basic models to include various material properties.  
For instance, Kim et al. (1991) added nonlinear ligaments, and loss of fluid in the 
disc was studied by Shirazi-Adl (1992) through changing the disc volume.  Current 
FE models are extremely complex, using a large number of elements and including 
material and geometric nonlinearities.  The time-dependent characteristics of the 
nucleus were modelled with poroelastic elements by Argoubi and Shirazi-Adl 
(1996), and with viscoelastic elements by Lu et al. (1996).  Although these models 
can provide detailed results, their complexity makes them very computationally 
expensive and time consuming.  Only static or very short time dynamic loading can 
be applied.   
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As can be seen from the critical review of previous FE models, vertebrae have 
generally been modelled as an elastic material, often with the cancellous and cortical 
bone having different properties.  Simplified models, representing the bone as rigid 
elements and thus concentrating the deformations in the connecting tissue, have been 
implemented by many researchers (Pankoke et al., 1998; Shirazi-Adl and 
Parnianpour, 1993, 2000).  The elastic modulus for cortical bone varied from 1580 
MPa to 400,000 MPa with Poisson’s ration between 0.2 and 0.3  (Belytschko et al., 
1974; Spilker, 1980). The intervertebral discs are often assumed to be the critical link 
in the spinal system.  As such, a great deal of effort has gone into their modelling.  
The most commonly used disc model combines an incompressible fluid model for 
the nucleus, along with a composite model for the annulus.  A typical approach is to 
assume the ground substance in the annulus is an elastic solid, and to model the 
annulus fibres as cables or trusses (Argoubi and Shirazi-Adl, 1996; Goel et al., 1994; 
Lu et al., 1996; Shirazi-Adl et al., 1984; Wang et al., 1997b).  A variation of this 
model is to lump the annulus together, but model the nucleus as an elastic solid 
(Argoubi and Shirazi-Adl, 1996; Kasra et al., 1992; Shirazi-Adl et al., 1986).  The 
disc components are known to exhibit time-dependent behaviour.  One approach to 
capturing the variations with time is to use a viscoelastic material model for the disc 
components (Iatridis et al., 1997; Lu et al., 1996; Wang et al., 1997b).  This approach 
is suitable for repetitive loading analysis such as exposure to long-term vibrations. 
Finite element analysis plays a specialized role in biomechanical investigations.  
Varying material properties, irregular geometries and multiple loading scenarios are 
more efficiently obtained from a FE model.  Furthermore, the effects of multiple 
parameters can be analysed without the additional cost and variability inherent in 
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cadaveric specimens.  Even if the effects of varying certain input parameters are not 
investigated, FE model simulations allow for some measurements almost impossible 
to obtain in vitro, such as full-field displacement, stress field, and contact forces.   
2.6 Motion segment dynamics 
Kasra et al. (1992) developed a one-motion segment ligamentous lumbar spine L2-L3 
with 40 kg upper body mass, as shown in Figure 2.28.  They found that the first 
resonant frequency of the motion segment simulated in axial mode was 23.4 Hz, 
similar to the experimental value obtained under the same conditions.  Preload was 
found to significantly increase the resonant frequencies.  The compliance at both low 
and resonant frequencies decreased with increasing compression preload.  Removal 
of facet joints slightly decreased the segmental resonant frequencies, but partial or 
complete removal of the disc nucleus significantly decreased the natural frequencies 
and the segmental stiffness.   
 
Figure 2.28: Three-dimensional model of a L2-L3 disc-vertebral unit by Kasra et al. 
(1992). 
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Goel et al. (1994) developed a nonlinear, three-dimensional FEM of the ligamentous 
L4-S1 segment to analyse the dynamic response to the spine in the absence of 
damping (Figure 2.29).  The effects of the upper body were simulated by including a 
mass of 40 kg on the L4 vertebral body.  The model predicted a resonant frequency 
of 17.5 Hz in axial mode, and 3.8 Hz in flexion-extension mode.   
 
Figure 2.29: Three-dimensional FEM of the ligamentous L4-S1 segment (modified 
from Goel et al., 1994). 
 
Recently, Kong and Goel (2003) presented a FEM of the upper body from the head 
to the sacrum (H-S1), but neither legs nor arms were represented.  The H-S1 model 
was altered to generate models of one motion segment (L3-L4), two motion segments 
(L3-L5), and the entire thoracolumbar spine and rib cage (T1-S1). The resonant 
frequencies of these models, as well as the effects of trunk muscles and gravity, were 
studied. The resonant frequencies decreased with an increase in the number of 
motion segments. The first resonant frequency in the vertical direction for the H-S1 
model was 8.32 Hz. Inclusion of the trunk muscles and the preload of self-weight 
changed this to 8.91 and 6.82 Hz respectively.   
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While the aforementioned FE models have provided useful information regarding the 
response of lumbar spine motion segments under dynamic vibration conditions, the 
data obtained were not in agreement with experimental observations.  Experimental 
studies exhibit a consistent pattern for the vertical response of the seated human body 
exposed to whole-body vertical vibration.  A principal resonance has been found at 
between 4-6 Hz in seat-to-spine transmissibilities (Kitazaki and Griffin, 1995; 
Magnusson et al., 1993; Matsumoto and Griffin, 1998; Panjabi et al., 1986).  Models 
of lumbar motion segments are always useful, when the influence of other body parts 
can be discounted.  However, in human WBV studies, the influence of the whole 
human body on vibrational behaviour cannot be ignored (Griffin, 2001; Pankoke et 
al., 2001).  Considering that the response of a spine that is exposed to vibration is 
dependent on the whole human body, it is necessary to develop a whole human 
model in order to provide a better understanding of the mechanisms leading to injury.  
To date, no one has studied the effect of repetitive loading on a detailed FE lumbar 
motion segment when the whole human model is also included.  Likewise, there is 
no experimental data available in the literature with respect to simulating the internal 
response of the spine during exposure to vibrations.  Thus, a void in the literature 
exists in regards to the dynamic internal response of a lumbar motion segment in 
conjunction a whole human body model.  One of the aims of the present study is 
therefore to construct a FEM of a lower lumbar motion segment, which will then be 
embedded into a whole-human model, in order to investigate the internal response of 
the discs in response to vibration exposure. 
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CHAPTER 3 
Human model with nonlinear transmissibility   
The lower lumbar spine of a professional driver subjected to whole-body vibration 
(WBV) while driving a motor vehicle is more likely to suffer detrimental effects.  
The greatest potential for damage occurs when the human spine is vibrating at its 
natural frequency of 4-5 Hz.  Occupations involving long periods of driving or 
exposure to WBV are associated with an increased risk of lumbar spine injuries and 
LBP.  An investigation into the transmission of vibration from seat to human body is 
therefore the subject of this chapter.  Section 3.1 reviews current knowledge about 
the nonlinear characteristics of seat-to-spine transmissibilities and then shows how 
this knowledge will be extended in this research.  In section 3.2, the existing three-
dimensional MADYMO numerical 50th percentile male occupant model is reviewed.  
The muscle stiffness functions used to maintain the posture of the human model is 
described in detail in section 3.3.  Muscle stiffness functions have been incorporated 
into the existing MADYMO numerical 50th percentile male occupant model to form 
MODEL ONE for the present research.  This is followed by a description of the 
simulation set-up of MODEL ONE, with the adaptation of non-linear active trunk 
muscles (section 3.4).  A validation study of MODEL ONE has been performed, 
based on seat-to-human transmissibilities measured in volunteer experiments using a 
rigid seat, as reported in the literature (Kitazaki, 1994).  Section 3.5 describes the 
method used to analyse seat-to-human transmissibilities.  The influence of vibration 
frequency on seat-to-human transmissibilities is investigated in section 3.6.  Section 
3.7 presents a discussion of the results, including their limitations, and outlines 
recommendations for future work.  Finally, section 3.8 (Conclusions) explains how 
MODEL ONE as described in this chapter provides the basis for development of the 
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complete MADYMO human model with finite element lower lumbar spine for 
vertical vibration⎯the subject of Chapter 5.   
3.1 Introduction 
As mentioned in Chapter 2, numerous studies have been conducted to evaluate the 
cause of WBV and its effect on human health.  Some published data indicate that the 
human body exposed to WBV is amplitude-dependent or exhibits nonlinear 
characteristics.  This excitation magnitude dependency was consistently found in 
seat-to-head transmissibility by some researchers (Demic et al., 2002; Griffin, 1975; 
Matsumoto and Griffin, 2002c).  Griffin (1975) investigated nonlinearity in the 
transmissibility of twelve seated subjects by exposing them to vertical sinusoidal 
vibration in six different magnitudes from 0.2 ms-2 r.m.s. to 4.0 ms-2 r.m.s.  The 
author concluded that there was a statistically significant reduction in seat-to-head 
transmissibility with an increase of vibration magnitude.  Likewise, Demic et al. 
(2002) exposed thirty trained subjects to multi-directional vibration of three different 
magnitudes (0.55, 1.75, and 2.25 ms-2 r.m.s.) in the 0.5-40 Hz frequency range.  They 
found that seat-to-head transmissibility increases in magnitude with respect to the 
increase of the excitation magnitude, in the frequency range below 8 Hz.  A decrease 
in magnitude was observed in the frequency range of 8-18 Hz with respect to 
excitation magnitudes.   
In spite of the increasing number of investigations into spinal motion exposed to 
whole-body vertical vibration of seated humans, only a few contributions were found 
in the literature that presented nonlinear characteristics of seat-to-spine 
transmissibility with respect to vibration magnitude (Fairley and Griffin, 1989; Hinz 
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and Seidel, 1987; Mansfield and Griffin, 2000; Matsumoto and Griffin, 1998, 
2002c).  A recent study by Mansfield and Griffin (2000) reported reduction in two 
resonant frequencies in the mean transmissibility to L3.  The authors exposed twelve 
subjects to random vibration with excitation magnitude ranging from 0.25 ms-2 r.m.s. 
to 2.5 ms-2 r.m.s.  They found a shift of resonant frequency from 6 Hz to 4 Hz for the 
first peak and from 10 Hz to 7 Hz for the second peak, with increases in vibration 
magnitude.  These observations are further supported by the study by Matsumoto and 
Griffin (2002c).  They reported that the frequencies of the peaks in the mean 
transmissibilities at all measured locations (Head, T1, T5, T10, L1, L3, L5 and at the 
pelvis) tend to decrease with an increase of vibration magnitude.  The authors 
concluded that the dynamic responses of seated subjects are nonlinear with respect to 
vibration magnitude.  Similar nonlinear characteristics in transmissibilities between 
vertical seat vibration and pelvis rotation were also observed in the study by 
Matsumoto and Griffin (1998).   
Generally, nonlinear biodynamic responses show the major resonant frequency 
decreasing as the vibration magnitude increases.  Systems that exhibit characteristics 
with a major resonance that reduces in frequency with increased vibration magnitude 
are known as ‘softening systems’ (Harris and Piersol, 2002; Mansfield and Griffin, 
2000; Mansfield et al., 2001; Matsumoto and Griffin, 2002c).  However, the 
softening response observed in the seat-to-head and seat-to-spine transmissibility of 
seated human subjects exposed to vertical WBV is still not very well understood.  
Matsumoto and Griffin (2002c) hypothesised that the effect of the mechanical 
properties of the soft tissues, and muscle activity, are possible causes of the 
nonlinearity on the biodynamic responses of the human body.  Some researchers 
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(Mansfield and Griffin, 2000; Matsumoto and Griffin, 2001) have suggested that 
nonlinear elements⎯such as geometric nonlinearities, muscle and the mechanical 
properties of the spinal segments⎯should be appropriately incorporated into the 
development and design of a biomechanical model.  This might enable one to predict 
the severity of biodynamic and softening responses of the spine in a WBV 
environment. 
Although the transmissibilities of the human body in the abovementioned studies 
were shown to be non-linear, no biomechanical model of the whole human was 
found in the literature that would be able to the predict such behaviour.  Therefore 
the main objective of this research was to develop a numerical human-like model, 
exhibiting the required nonlinearity in the acceleration transfer functions with respect 
to vibration magnitude.  In order to achieve this objective, the MADYMO 50th 
percentile male occupant model as presented by Verver and van Hoof (2002) has 
been chosen as the basis for the development of an updated model⎯called MODEL 
ONE.  Verver and van Hoof’s model is three-dimensional, with the outer skin 
described as a facet surface; this enables researchers to realistically assess the 
vibration transmission performance of a seat-human system.  The main limitation of 
the original Verver and van Hoof’s model is lack of physiological components such 
as active trunk muscles; it therefore has a limited capacity to estimate internal 
stresses in the living human.  Also, the model tends to overestimate transmissibility 
magnitude by a factor of two, compared with the values obtained from the 
experiment with volunteers.  For the present research, the author has incorporated the 
active muscles⎯that stabilise the spinal column during WBV⎯into the model 
presented by Verver and van Hoof (2002).   In general, muscle activity is of interest 
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because of its association with the stabilisation of the spine, back pain, and injury to 
spinal tissues.  In MODEL ONE active trunk muscles, which lump both postvertebral 
and prevertebral muscle groups, have been implemented in more detail.  The 
stiffness properties of the active muscles are based on data from the literature.  
3.2 The MADYMO 50th percentile male occupant model 
This section gives a thorough background of the MADYMO 50th percentile male 
occupant model that is used as a basis for the present study.  The MADYMO 
occupant model was developed by the TNO Automotive, Crash Safety Centre 
(Figure 3.1).  The anthropometry of this model was obtained from the RAMSIS 
software package database (RAMSIS, 1997).  The model consists of 92 rigid and 
flexible bodies interconnected by kinematic joints, which form the skeletal structure 
of the model.  In the spine and neck model, all vertebrae are modelled as rigid bodies 
with nonlinear lumped joint resistance models, representing the translational and 
rotational resistance.  The joint resistance describes in a global manner the static and 
dynamic properties of the intervertebral discs, the ligaments, and the effect of 
muscular tissues by lumping their properties.  The lumped joint resistance was 
implemented using nonlinear stiffness functions, while the energy dissipation was 
implemented using hysteresis or damping (Happee et al., 1998).  The spinal 
properties of the model are based on biomechanical data published in the literature 
(Berkson et al., 1979; de Jager et al., 1996; Markolf, 1972; Panjabi et al., 1994; 
Prasad and King, 1974; Schultz et al., 1979; Yamamoto et al., 1989), and have been 
validated statically and dynamically with both volunteer and post-mortem human 
subject (PMHS) responses in various impact tests (Happee et al., 1998; Happee et al., 
2000).   
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The neutral position of the spine in the human model represents the spinal curvature 
of an erect standing person.  The vertebral joints of the occupant model can be 
orientated in order to put the spine in a seating position.  Orientation of the vertebral 
joints can be done by outputting the joint orientation degrees of freedom from the 
last time step in the pre-simulation, then copying this orientation position to the 
application file.  Figure 3.1 shows the spine and neck model in the neutral position 
and with the origins of the vertebral joints illustrated. 
 
 
Figure 3.1: The MADYMO human model with the definition of global orientation 
(left) and local orientation (right) of the vertebral joints (adapted from TNO 
Automotive, 2001a). 
 
The thorax and abdomen of the human model are modelled by using flexible bodies 
(Koppens, 1988).  The geometry of the flexible bodies is described by a number of 
nodes, and a point mass has been assigned to each node.  The segments of the upper 
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and lower limbs are modelled as rigid bodies connected by kinematic joints.  Cardan 
or flexion torsion restraints have been defined in these kinematic joints with 
nonlinear stiffness functions.  The resistance parameters are based on literature data 
on passive human joints properties (Engin, 1979; Engin, 1984; Engin and 
Moeinzadeh, 1983; Engin and Tümer, 1989, 1993). 
The outer surface of the human model is described by 2174 triangular elements 
connecting 1068 nodes.  The accurate outer surface description provides a biofidelic 
interaction between the human model and its environment (Happee et al., 1998; 
Happee et al., 2000).   This surface is fully connected to rigid bodies and/or flexible 
bodies.  Contact can be simulated with other arbitrary surfaces.  In the contact 
algorithm, the compliance of the materials is taken into account by allowing 
penetrations in the contacting surfaces.  For each node of the surface, local contact 
stress is calculated applying a user-defined penetration function.  The contact force 
on each node is obtained by multiplying the calculated contact stress by the area 
around the node.  This contact force is transferred from the surface model to the 
applicable rigid body or flexible body.  Although the outer surfaces are defined in the 
finite element model, no finite element solver is used in simulations.  An advantage 
of this way of modelling in comparison with the finite element model is the 
considerable saving in computational time (TNO Automotive, 2001a).  
3.3 Active muscles 
It has been discussed that lumped joint resistance models, as implemented in the 
human model, have insufficient resistance to maintain the stability of the spinal 
column and a specific posture (Happee et al., 1998).  There may be an increased risk 
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of low back injury, if the trunk muscles responsible for generating the forces 
necessary to maintain spine stability are fatigued and cannot completely counteract 
the torque from a sudden load such as WBV (Parnianpour et al., 1988).  In the 
absence of muscles, an in vitro ligamentous lumbar spine is unstable at compressive 
loads of only 88N (Crisco III et al., 1992).  However, the in vivo spine may endure 
values grater than 6000 N while participating in daily tasks (McGill and Norman, 
1986), and up to 18000N in competitive power lifters (Cholewicki et al., 1991), due 
to the stability that is provided by the trunk musculature (Bergmark, 1989).  
Therefore, any analysis of the achievement of spine stability must include the effects 
of stiffness.  A number of publications have shown that trunk and joint stiffness can 
be increased by muscular stiffness and damping properties (Gardner-Morse and 
Stokes, 1998; Gardner-Morse and Stokes, 2001; Lin and Rymer, 1997; Panjabi, 
2003; Stokes and Gardner-Morse, 2003).  Muscular stiffness and damping properties 
help to maintain postural stability by effectively resisting, dissipating, and 
recuperating mechanical energy arising from perturbing forces.  Likewise, damping 
is used to attenuate the maximum linear and angular vibration acceleration of the 
spinal column. 
The maintenance of spinal stability is extremely important in decreasing the chance 
of low back disorders.  A stable posture can be achieved with a minimum amount of 
muscular activity (Stokes and Gardner-Morse, 2003).  Thus, in the present study, 
non-linear human trunk muscle activity, as required for posture maintenance, has 
been imposed towards the spinal column, as well as the neck, to form MODEL ONE.  
This non-linear human trunk muscle has been achieved by simulating additional 
rotational and translational stiffness functions.  The stiffness characteristics are 
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nonlinear and include energy dissipation by a hysteresis model (see Figure 3.2) 
and/or damping.  Readers are advised to refer to TNO Automotive (2001b) for a 
more detailed description of the hysteresis model. 
 
Figure 3.2: Hysteresis model used for nonlinear active muscle (TNO Automotive, 
2001b) 
 
The characteristics are the same for the whole of the spinal column and the neck.  
The stiffness properties used for the trunk muscles were derived from the literature 
(Aimedieu et al., 2003; Aruin and Zatsiorsky, 1984; Brouwn, 2000; Farahmand et al., 
1998; Schouten et al., 2001; Winters and Woo, 1990).   In order to eliminate 
redundancy of the musculoskeletal system of paraspinal and prespinal muscles, the 
optimum amount of muscular activity needed to maintain postural stability has been 
determined.  The test matrices for muscle parameters have been set up in order to 
obtain the optimum amount of activation of the trunk muscles.  Each modelling stage 
has been evaluated for its ability to maintain stable trunk posture under vertical 
vibration perturbations.  Optimum load deformation curves of the active trunk 
muscles are illustrated in Figure 3.3. The reflexes of active muscles provide stability 
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of the human model in a given posture.  The reflex stiffness acts to maintain the 
stiffness constant in the direction of movement.   
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Figure 3.3:  Stiffness properties of active trunk muscles:  (a) muscle stiffness in the 
vertical direction (left); (b) muscle stiffness in the horizontal direction (right)⎯( ) 
loading, ( ) unloading. 
 
Damping⎯the ability to dissipate energy⎯is an important mechanical property 
necessary both for posture and voluntary movements.  In the seated posture, the 
oscillations induced by transient perturbation are eliminated by the damping 
properties of the neuromuscular system.  In addition, posture requires that the energy 
given to the system by a perturbation must be dissipated for a new stable posture to 
be acquired.   
Since the hysteresis was not sufficient to account for the dynamic stiffness, damping 
is used to attenuate the maximum linear and angular vibration accelerations of the 
spine multi-body.  The damping coefficients used in the model have been 
investigated based on the literature (Aimedieu et al., 2003).  Damping coefficients 
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are used to attenuate the maximum linear and angular vibration acceleration of the 
multi-body. 
Although not visualized in the present human model (Figure 3.4), the active muscles 
are based on the nonlinear hysteresis model.  Loss of energy during unloading is 
defined using a hysteresis slope and/or damping. 
3.4 Simulation set-up for MODEL ONE 
A geometry of the seated 50th percentile adult male with a height of 1.74 m and a 
total mass of 75.7 kg, was chosen for MODEL ONE.  The model, incorporating 
active trunk muscles towards the spinal column and the neck, is validated by 
simulating the experiments of Kitazaki (1994); therefore the initial position of 
MODEL ONE was based on Kitazaki’s experimental set-up.  MODEL ONE was 
positioned just above the rigid seat in a normal seated posture without a backrest.  
The feet were supported by a platform and the hands rested in the lap.  The model 
was left to sink into the seat due to the forces of gravity, in order to reach an 
equilibrium between itself and the rigid seat, and inside the model (TNO 
Automotive, 2001a).   
The rigid seat was connected to one kinematic joint, and excitation motions were 
applied in vertical directions to this joint.  The motions of this kinematic joint were 
the input stimuli for the simulation process.  A computer-generated Gaussian random 
waveform using a bandwidth acceleration spectrum with a frequency of 0.5-35 Hz at 
1.7 ms-2 r.m.s. was fed into the kinematic joint (Appendix A).  A graphic impression 
of the seated MODEL ONE is shown in Figure 3.4. 
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Figure 3.4: Simulation set-up of the seated MODEL ONE (right) and experimental 
set up by Kitazaki (1994) (left) 
 
3.5 Data analysis 
Transmissibility T(f) was calculated using the cross-spectral density (CSD) method 
)(
)(
)(
fS
fS
fT
i
io=  ,                                                   (3.1) 
where Si(f) is the power spectral density function of the acceleration at the input 
point, and Sio(f) is the cross spectral density function between the accelerations of the 
input and output points.   
Transmissibility T(f), is a frequency response function in complex numbers.  The 
modulus |H(f)| and phase φ(f) of the transmissibility T(f), were calculated from: 
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where Re[T(f)] and Im[T(f)] are the real and imaginary parts of the complex transfer 
function T(f), respectively. 
To assist in interpretation of transfer functions, the coherence function may be 
determined  
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where So(f) is the power spectral density of the output acceleration.  The values of  
γ2io(f) always lie in the range of 0-1.  With an ideal linear system and no noise, the 
coherency will have its maximum value of unity at all frequencies.  A consideration 
of the transmissibility for a single degree-of-freedom system is given in Appendix B. 
From equation 3.1, transmissibility T(f) is calculated from the ratio of the Fourier 
transform of the output divided by the Fourier transform of the input.  The resulting 
data from the MADYMO solver were imported into MATLAB (version 6.3, The 
MathWork, Inc) mathematical software.  The input and output data were converted 
from the time domain to the frequency domain via a Fast Fourier Transform (FFT) in 
order to look at the frequency distribution in the signal.  The analysis theory is given 
in Appendix C. 
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3.6 Results 
The nonlinearity of human transmission behaviour induced by WBV under different 
excitation magnitudes is presented in the following section.  The results simulated by 
MODEL ONE are verified by comparing them with experimental data using human 
subjects as reported in the literature.   
3.6.1 Validation study 
In order to validate MODEL ONE, the simulation set-up was conducted in the same 
way as the experiment presented by Kitazaki (1994).  The subjects were seated in 
normal seated posture and were exposed to a random excitation magnitude of 1.7 ms-
2 r.m.s.  Acceleration transmissibility characteristics derived from the measurements 
performed in the laboratory using eight subjects by Kitazaki (1994) have been used 
for direct comparison.   
Figure 3.5 shows that the curves of the transmissibility characteristics from seat to 
different segments in MODEL ONE have peaks occurring at the first natural 
frequency close to 5Hz.  When transmissibility from seat–to-head exhibits a resonant 
peak of 2.0 at the first natural frequency, the corresponding transmissibilities from 
seat to T6, T11, and L3 exhibit resonant peaks of 1.67, 1.60, and 1.57 respectively.  
The curves of transmissibilities from seat to different segments in MODEL ONE 
have a relatively similar shape since all the segments are part of the same dynamic 
system.  In consequence, all the segments in the model show a similar resonant peak 
but the magnitude of the peak may differ.   
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The simulated results are within the mean value of the measurements from eight 
volunteer subjects by Kitazaki (1994), especially in the area of the human’s principal 
resonant frequency; greater discrepancies were observed at higher frequencies.   
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Figure 3.5: Comparison between vertical transmissibilities calculated by MODEL 
ONE and median experimental data: (a) seat-to-head, (b) seat-to-T6, (c) seat-to-T11, 
and (d) seat-to-L3.  MODEL ONE ( ); Kitazaki, 1994 ( ). 
 
Figure 3.5(b) presents a comparison of MODEL ONE and published experimental 
vibration in terms of seat-to-T6 transmissibility.  The peak acceleration 
transmissibility of the model is in the order of 1.6, which is slightly higher than the 
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mean measured values.  The analytical response correlates well with the published 
data for other body regions, in which the computed transmissibilities show a similar 
general shape to the measured data (Figure 3.5 (a)-(d)).  Again, the simulated results 
are consistent with the measurements in the area of the principal resonant frequency.  
At a higher frequency (f>10 Hz), the results are considerably different. 
3.6.2 Nonlinearity  
After validating MODEL ONE for vertical vibration, an attempt was made to 
quantify any possible nonlinear effects of this model.   
The transmissibilities to the vertical motion measured at the head are shown in 
Figure 3.6(a).  The resonant peak for the head decreased from 5.3 Hz to 4.3 Hz when 
the vibration magnitude increased from 0.25 ms-2 r.m.s. to 2.0 ms-2 r.m.s.  Likewise, 
inspection of the graphs (Figure 3.7) indicates that the general trend of the resonant 
peak decreased from about 5.5 Hz to 4.3 Hz when vibration magnitude increased 
from 0.25 ms-2 r.m.s. to 2.0 ms-2 r.m.s.; that is to say, MODEL ONE showed a 
softening nonlinear response.   
Figure 3.7 shows the frequency of the peak and the corresponding transmissibilities 
to vertical vibration at head, T6, T11 and L3.  It can be seen that the frequency of the 
peak decreases from 5.4 Hz to 4.3 Hz when the vibration magnitude increases from 
0.25 ms-2 r.m.s. to 2.0 ms-2 r.m.s.  Likewise, the corresponding transmissibilities tend 
to decrease with increases in the vibration magnitude.   
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Figure 3.6: Comparison of vertical transmissibilities calculated by MODEL ONE at 
( ) 0.25; ( ) 0.50; ( ) 1.25; ( )1.7; ( )2.0  ms-2 r.m.s. (a) seat-to-
head, (b) seat-to-T6, (c) seat-to-T11, (d) seat-to-L3. 
 
 
  124 
 
 
 
0 0.5 1 1.5 2 2.5
4
4.2
4.4
4.6
4.8
5
5.2
5.4
5.6
5.8
6
Vibration magnitude [ms-2 r.m.s.]
Pe
ak
 fr
eq
ue
nc
y 
[H
z]
(a) Head
0 0.5 1 1.5 2 2.5
1
1.5
2
2.5
Vibration magnitude [ms-2 r.m.s.]
Pe
ak
 tr
an
sm
iss
ib
ili
ty
 [H
z]
(b) Head
0 0.5 1 1.5 2 2.5
4
4.2
4.4
4.6
4.8
5
5.2
5.4
5.6
5.8
6
Vibration magnitude [ms-2 r.m.s.]
Pe
ak
 fr
eq
ue
nc
y 
[H
z]
(c) T6
0 0.5 1 1.5 2 2.51
1.5
2
2.5
Vibration magnitude [ms-2 r.m.s.]
Pe
ak
 tr
an
sm
iss
ib
ili
ty
 [H
z]
(d) T6
0 0.5 1 1.5 2 2.5
4
4.2
4.4
4.6
4.8
5
5.2
5.4
5.6
5.8
6
Vibration magnitude [ms-2 r.m.s.]
Pe
ak
 fr
eq
ue
nc
y 
[H
z]
(e) T11
0 0.5 1 1.5 2 2.5
1
1.5
2
2.5
Vibration magnitude [ms-2 r.m.s.]
Pe
ak
 tr
an
sm
iss
ib
ili
ty
 [H
z]
(f) T11
0 0.5 1 1.5 2 2.5
4
4.2
4.4
4.6
4.8
5
5.2
5.4
5.6
5.8
6
Vibration magnitude [ms-2 r.m.s.]
Pe
ak
 fr
eq
ue
nc
y 
[H
z]
(g) L3
0 0.5 1 1.5 2 2.5
1
1.5
2
2.5
Vibration magnitude [ms-2 r.m.s.]
Pe
ak
 tr
an
sm
iss
ib
ili
ty
 [H
z]
(h) L3
 
Figure 3.7: Vertical peak frequencies and peak transmissibility of resonance between 
the seat and different body regions of MODEL ONE. 
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3.7 Discussion 
The aim of this study was to develop a human-like model for the simulation of 
nonlinear characteristics in transmissibility.  Transmissibilities of the whole body 
between the seat and the various locations of body regions have been compared with 
data obtained from the literature (Kitazaki, 1994) for vibration in the vertical 
direction.  This comparison has been made to ensure the validity of the human 
model.  It can be observed that the results of MODEL ONE agree well with the 
measurements in the area of the human’s principal resonance in the z-direction, 
especially at the L3 region (Figure 3.5).   
To further evaluate the validity of MODEL ONE⎯especially at the L3 region⎯the 
simulated result is compared with experimental data published in the literature 
(Kitazaki, 1994; Matsumoto and Griffin, 1998; Panjabi et al., 1986; Magnusson et 
al., 1993).  The vertical seat-to-L3 transmissibility function was of a similar form to 
that established in the literature, either for skin measurement (Kitazaki, 1994; 
Matsumoto and Griffin, 1998), or invasive measurement (Panjabi et al., 1986; 
Magnusson et al., 1993).  Both the primary resonance and the peak of the computed 
transmissibility fall within the mean values range described by other authors (Figure 
3.8).  There was good correlation between the simulated results and published 
experimental data.  Therefore the human-seat system appears to be a useful tool for 
quantifying the biodynamic responses during WBV.   
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Figure 3.8: Comparison between the seat-to-L3 vertical transmissibilities of MODEL 
ONE and direct measurements.  Transmissibility calculated by MODEL ONE 
( ); Mean transmissibility of five subjects measured by Panjabi et al., 1986 
( );  Mean transmissibility of three subjects measured by Magnusson et al., 1993 
(  ); Mean transmissibility of eight subjects by Kitazaki, 1994( ); Mean 
transmissibility of 12 subjects measured by Matsumoto and Griffin, 1998( ). 
 
The response characteristics of MODEL ONE in terms of transmissibility curves 
differed considerably from the published measured data in the frequency range above 
10 Hz, where the model grossly underestimated the acceleration transmissibility.  
This is due to the method of modelling energy dissipation using hysteresis or 
damping in the muscular tissues and the spinal column (see Appendix B).  Although 
some discrepancies were observed between the simulated responses and the actual 
human responses, the shapes of the curves were quite similar.  Therefore, the author 
is confident that MODEL ONE is capable of simulating the biodynamic responses of 
the vertical WBV.  However, due to greater discrepancies at a range of higher 
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frequencies, the nonlinear results have only been presented in the frequency range of 
0.5 Hz to 15 Hz. 
3.7.1 Comparison with previous models 
Some recent experimental studies have suggested that soft tissues and muscles are 
the possible causes of nonlinearity in the biodynamic responses of the body 
(Mansfield and Griffin, 2000; Matsumoto and Griffin, 2002c).  Therefore, active 
muscle was used to increase the stiffness and damping of a joint, to compensate for 
the instability of MODEL ONE, as well as to determine the influence of muscle in 
vibration transmission through the body.  Due to the redundant nature of the 
musculoskeletal system, and in order to keep MODEL ONE as simple as possible 
(but still with reasonable biofidelity in terms of WBV) the individual muscular 
components of trunk muscles that stabilize the spinal column were lumped together.  
It was assumed that a multi-body spine model⎯including lumped parameters 
representing active trunk muscles⎯was sufficiently detailed to describe trunk 
anatomy and mechanics.  The active trunk muscles were implemented by simulating 
additional translational and rotational nonlinear stiffness functions, while the energy 
dissipation was implemented using hysteresis or damping towards the spinal column.  
The damping in the spinal column helps to stabilise the spine against vertical 
vibration movements, by changing those forces⎯transmitted from the seat to the 
body⎯that accelerate and decelerate vertically.  
As previously discussed by Verver and van Hoof (2002) and Verver et al. (2003), 
some human model responses could be improved.  The slightly higher amplification 
of some responses predicted by their human model might be due to not taking the 
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effects of hysteresis and damping into account.  Some researchers (Gardner-Morse 
and Stokes, 1998; Gardner-Morse and Stokes, 2003) have pointed out that stiffness is 
necessary to maintain posture stability, but this may increase oscillation; therefore 
the overall damping is to help dissipate energy, possibly by decreasing the stiffness 
that caused additional oscillations (Lin and Rymer, 1998; Lin and Rymer, 2001).  
The adaptation of active muscles in MODEL ONE was able to improve the seat-to-
human transmissibility responses, by compromising between activated muscle 
stiffness (necessary for trunk stability) and damping properties that lightly damped 
the oscillation behaviour.  The results of this study provided support for this strategy, 
especially the seat-to-head and seat-to-L3 transmissibilities, where the magnitudes of 
these transmissibilities fall within the range of human subject responses (Figure 3.5 
and Figure 3.8).  The overall effects of implementing active muscles were found to 
exert a major influence on the posture maintenance and mechanical stability (Stokes 
and Gardner-Morse, 2003) of the human model; to improve the amplitude of 
biodynamic responses of the human model; as well as being able to determine the 
role of muscle activity in causing the nonlinearity of biodynamic responses on the 
human body.    
3.7.2 Muscle activation 
Figure 3.9 depicts the interaction between the driver’s body and the flat rigid seat 
when the occupant experiences WBV.  Arrows indicate the relative motion of the 
driver’s pelvis with respect to the rigid seat.   
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Figure 3.9: Interaction between occupant’s body and rigid seat when the occupant 
experiences an upward and downward vibration.   
 
The loads sustained by the spine are most often applied cyclically, during exposure 
to vibration.  When the vibration signal is in upward motion, the rigid seat gets an 
upwards kick, and the occupant’s body reacts like an inert mass and therefore sinks 
into the rigid seat.  When the seat gets a downward kick, the effects are reversed, and 
the body is lifted from the rigid seat.  When the rigid seat undergoes an upward and 
downward vibration, the occupant’s spinal column is forced to follow the motion.  
These upward and downward interactions inevitably induce extension and 
compression forces in the occupant’s spinal column.   
Trunk muscle stiffness properties have been added to MODEL ONE to support the 
trunk and thereby retain the efficiency of the muscles.  This has been done because 
energy dissipation in biological material is usually slow and the effect is very 
localised in the lowest lumbar vertebrae.  A damper is added to account for the loss 
of energy, while the springs represent only energy conserving mechanical elements. 
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The damping or hysteresis acts as a fast series of dampened extensions and 
compressions of the spinal column.  In the actual situation, energy loss from the 
damper requires compensation by muscular energy for periodic continuous motion 
(Nigg and Anton, 1995; Nigg and Liu, 1999).  The active muscles are therefore 
added to MODEL ONE in order to provide for stability of the model in a given 
posture, by maintaining the stiffness constant in the direction of movement.  As a 
result, the vibration transmission properties are assumed to change.  Depending on 
the properties of the muscles, there could be a shift in resonant frequency due to the 
amount of amplification induced by the spring mass system.   
3.7.3 Nonlinearity 
A comparison of resonant behaviour under various random excitation magnitudes 
further indicates that the effectiveness of MODEL ONE is dependent upon the 
nonlinear properties of the model and its active muscles.  Five different magnitudes 
of vibration (0.25, 0.5, 1.25, 1.7, and 2.0 ms-2 r.m.s.) have been used as input stimuli, 
for the purpose of investigating the effect of vibration magnitude on transmissibility 
responses.  This range of vibration magnitudes is often encountered by professional 
drivers, depending on type of vehicle, road surface and speed (Bovenzi and Hulshof, 
1998; Dupuis and Zerlett, 1986; Griffin, 1990; Paddan and Griffin, 2002).  Figure 3.6 
compares seat-to-spine transmissibilities at frequencies of 0.5-15 Hz, and Figure 3.7 
gives a more detailed overview of frequencies and transmissibilities at resonance.  
The simulated results of the present study, predicting vertical WBV under different 
vibration magnitudes, are in agreement with the results of experimental studies 
(Fairley and Griffin, 1989; Hinz and Seidel, 1987; Kitazaki and Griffin, 1997; 
Mansfield et al., 2001; Matsumoto and Griffin, 1998, 2002c).  In these experimental 
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studies, the resonant frequencies of vertical vibration decreased with an increase of 
vibration magnitude.  The similarities in the simulated and the experimental results 
provide support for the chosen approach of the nonlinear spring-damper model, and 
the applicability of this model in the simulation of active muscle.   
3.7.4 The MADYMO human model 
There are a few models in the literature which have attempted to simulate nonlinear 
behaviour in humans exposed to WBV (Demic, 1989; Smith, 1994; Mansfield, 1997; 
Matsumoto and Griffin, 2001).  However, these are rather simple and anatomically 
unrealistic models.  Also, as previously suggested by Kitazaki and Griffin (1997) and 
Matsumoto and Griffin (2001), the geometric nonlinearity of the body may have an 
influence on the nonlinearity characteristics in dynamic responses observed in the 
seated human exposed to vibration. 
The MADYMO human model appears to be advantageous, as the geometry and the 
material properties of this model are based on the anthropometry obtained from the 
database of the RAMSIS software package (RAMSIS, 1997).  Geometric 
nonlinearities due to the eccentricity of the centre of gravity rotational masses were 
integrated from the RAMSIS software package (Happee et al., 1998; Happee et al., 
2000).  It seems likely that using a model with nonlinear elements it is possible to 
vary the response of the system solely by varying the magnitude of the stimulus 
(Mansfield, 1997).  A more realistic representation of the spinal system is also 
included in the MADYMO human model.  A realistic anatomical structure is 
essential, given the advantages of anatomy-related models (Seidel and Griffin, 2001).   
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Additionally, the present human model simulates the kinematics and inertial 
properties of the spine, using a chain of rigid bodies linked by kinematic joints, with 
modelling of nonlinear stiffness functions and energy dissipation using hysteresis or 
damping as recommended by Happee et al. (1998).  Modelling nonlinear stiffness 
and damping⎯which influences the frequency resonance responses⎯is appropriate 
to assess the injury caused by WBV, as suggested by Seidel and Griffin (2001).  
Further, according to Pankoke et al. (2001), modelling of energy dissipations appears 
to be important in order to achieve an optimal model quality.  However it should be 
noted that energy dissipations or damping give satisfactory results only in the lower 
frequency range (Figure 3.5).  Therefore, further modifications to and validations of 
MODEL ONE are necessary to cover a wider frequency range.   
An additional problem in the existing MADYMO human model and/or MODEL 
ONE is that the geometries of lumbar vertebrae are described by single ellipsoids 
(TNO Automotive, 2001a).  Such a model is not satisfactory for investigating the 
internal dynamics of the human body.  It lacks sufficient anatomical similarity for the 
prediction of injury.  If mechanisms of injury are to be properly understood, the 
model must be as close to physiological reality as possible (Cholewicki et al., 1995).  
Future substructure modelling, using a finite element model of the lower lumbar 
spine, would provide an appropriate instrument for a better understanding of 
pathogenetic mechanisms. 
3.8 Conclusions 
In this chapter a detailed multibody human model has been presented.  The author 
has incorporated nonlinear active trunk muscles into the MADYMO human model 
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presented by Verver et al. (2003) to form an updated model⎯called MODEL ONE.  
The stiffness properties of the active trunk muscles have been based on data from the 
literature.  An earlier version of MODEL ONE has been published elsewhere (Pang, 
2003).  This model has been validated by comparing the results of computer 
simulation with transmissibilities obtained from laboratory measurements reported in 
the literature for seat-to-head and seat-to-spine.  The comparison revealed that 
MODEL ONE correlates reasonably well with published experimental data for the 
dynamic responses of the seated body exposed to vertical WBV.  MODEL ONE is 
further utilised to predict nonlinear behaviour of transmissibility characteristic 
responses.  A major advantage of MODEL ONE compared to other multi-body 
models is the ability to predict the nonlinear characteristics of seat-to-spine 
transmissibility with respect to vibration magnitude. 
Importantly, because of the nonlinear characteristic of the loading and unloading 
curve, increases in translational and rotational movements due to posture 
perturbations can potentially be offset by active muscle, to re-balance posture.   
This work has shown that incorporation into the human model of nonlinear stiffness 
functions and energy dissipation⎯using hysteresis or damping⎯seems appropriate 
to predict nonlinear biodynamic responses in arbitrary excitation functions.  The 
nonlinearity of seat-to-spine transmissibilities that was observed in experiments with 
human subjects has been reproduced in MODEL ONE.   
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CHAPTER 4 
A finite element model of lumbar motion segment 
This chapter presents a three-dimensional finite element model (FEM) of the human 
lower lumbar spine (L3-L5), which describes the quasi-static behaviour of the human 
spine.  Lower lumbar spine segment flexibility has been determined with 
consideration given to all loading directions.  Data derived from mechanical testing 
reported in the literature have been used for development of a flexibility model to 
predict the rotations and translations stiffness of the functional spinal unit (FSU).  In 
section 4.2 the general model set-up is introduced.  In order to assess the quality of 
the FE lower lumber spine model, a validation study has been performed based on 
published quasi-static experimental results  obtained from test of lower lumbar spine 
segment for 6 degrees of freedom (DOF) (Berkson et al., 1979; Schultz et al., 1979).  
Additionally, stress distribution inside the intervertebral discs in the FE lower lumbar 
spine model has been validated using published experiment data (McMillan et al., 
1996) measured within cadaveric intervertebral discs.  The simulation results are 
presented in Section 4.3. Section 4.4 discusses the results, and section 4.5 concludes 
the chapter. 
4.1 Introduction 
The reviewed epidemiological studies suggest that LBP and injuries among 
professional drivers are caused by chronic vibration exposure.  This leads to fatigue-
induced microfracture at the endplate or excessive stress on other parts of the spinal 
unit (Sandover, 1981, 1998).     
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It is important to determine the concentration of the load⎯that is, excessive stress 
within individual tissues and structures⎯within a given tissue that is painful or 
damaged (Adams et al., 1996; Dolan and Adams, 2001; Kuslich et al., 1991; 
McNally et al., 1996).  For instance, Kuslich et al. (1991) reported that stress 
concentration may possibly give rise to pain arising from the outer annulus or from 
the adjacent vertebral bodies.  Therefore, detailed stress analyses within a spinal 
motion segment have gained close attention, within both experiments (Adams et al., 
1996; Adams et al., 1993; McNally and Adams, 1992; van Dieën et al., 2001) and 
numerical studies (Nabhani and Wake, 2002; Shirazi-Adl et al., 1984; Wang et al., 
1998), in order to clarify the mechanical causes of LBP.  
Although the literature describes many numerical models designed to determine the 
forces acting in the spine that are associated with WBV (Buck and Woelfel, 1998; 
Fritz, 2000; Pankoke et al., 2001; Seidel et al., 2001; Verver et al., 2003), these 
models can only be expected to reproduce either global or local effects in the real 
human body rather than both the global and local detailed behaviours of a specific 
tissue structure (Yue and Mester, 2002).  Therefore, such models have not provided 
sufficient detail to delineate the stress within the lumbar spine motion segment, or to 
provide further insight concerning injury mechanisms.  If mechanisms of injury are 
to be properly understood, the model must be as close to anatomical and 
physiological reality as possible (Cholewicki et al., 1995). 
As discussed in section 3.7.4, the geometries of lumbar vertebrae in the existing 
MADYMO occupant model are described by ellipsoids.  Neither the vertebral bodies 
nor intervertebral discs are modelled.  Therefore, local mechanisms (stresses) within 
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the intervertebral discs cannot be ascertained.  To be able to determine the states of 
stress throughout the lumbar region, a spinal model must go beyond the simplicity of 
the multi-body rigid model.  Development of the present model⎯called MODEL 
TWO⎯progressed in stages, beginning with a three-level (L3 to L5) finite element 
(FE) lower lumbar spine motion segment model, which includes the three vertebral 
bodies and two intervertebral discs from L3-L4 to L4-L5.  The FE lower lumbar spine 
model was then validated by comparing the computer-simulated force-displacement 
results with experimental data available in the literature (Berkson et al., 1979; 
Schultz et al., 1979).  Additionally, the distribution of vertical compressive stress 
within the intervertebral disc was validated by using the measured stress distribution 
within a cadaveric intervertebral disc, as reported by McMillan et al. (1996).     
4.2 Description of MODEL TWO 
The author developed a 3-dimensional FEM of the two motion (L3 to L5) lumbar 
motion segment, which consists of the lower lumbar vertebrae and adjacent 
intervertebral discs, called MODEL TWO (Figure 4.1).  This model was constructed 
using Hypermesh (Altair Engineering, 2003).  The material properties of MODEL 
TWO were developed using MADYMO 6.0.1 (TNO Automotive, 2002): a 
simulation program that combines FE and multi-body techniques.   
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Figure 4.1: The 3D FEM of the lower lumbar spine⎯MODEL TWO. 
 
4.2.1 Definition of mesh geometries 
This description of the geometry is based on data obtained within a European project 
(Robin, 2001).  (As far as the author is aware these were the best data accessible at 
that time.)  The 3D shape of the vertebrae in the model is based on a 78 year old 
male post mortem human subject (PMHS) with a weight of 80 kg.  The standing and 
sitting heights of the subject are 1.73m and 0.92m respectively.    
The geometry of the vertebrae was used to define the mesh of the model.  The author 
constructed the FE mesh of the model using a commercial meshing package, i.e. 
Hypermesh (Altair Engineering, 2003).  This model was redefined for the present 
research in order to better idealise the components.  The model included the 
following components: (1) vertebrae body, which included the pedicle, lamina, and 
transverse and spinous process; (2) endplates, (3) nucleus and (4) intervertebral 
discs.   
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To better define the components of the intervertebral discs and nucleus pulposus, the 
viscoelastic material property data of these components were correlated with 
experimental data (Berkson et al., 1979; Schultz et al., 1979) to obtain the stiffness 
of the intervertebral disc.  Using this detailed correlation, mechanical properties of a 
L3-L4-L5 FEM of the human lumbar spine were developed for the present research.   
Since this kind of FE lower lumbar spine segment model has not been developed 
before, and since some of the developments of MODEL TWO are based on 
assumptions, model validation is needed to show the reliability of the model 
response. Therefore, a quasi-static validation of MODEL TWO will be presented in 
the following section using published experimental data (Berkson et al., 1979; 
Schultz et al., 1979).  The model was validated under compression, flexion, 
extension, lateral bending and axial torsion.   
4.2.2 Definition of material properties 
This model was set up using the element types and material models available in the 
MADYMO version 6.0 (TNO Automotive, 2001b).  The FE lumbar spine model 
consists of four main structures:  vertebrae, intervertebral discs, nucleus and 
endplates.  To reflect the structural composition of the vertebrae, it is necessary to 
include the outer layer of elements (simulating the cortical bone) and the inner core 
elements (simulating the trabecular bone).  However, using such a modelling 
approach for the entire lower lumbar spine would be CPU-costly.  In order to 
alleviate the CPU-burden, it is no longer possible to model the trabecular bone and 
the cortical bone separately.  Therefore in order to achieve an equivalent mechanical 
behaviour the material properties for the vertebrae are a combination of the 
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trabecular bone and the cortical bone.  Furthermore, the stiffness of the trabecular 
bone is much lower⎯by two orders of magnitude in stiffness and strength⎯than that 
of the cortical bone (Granik and Stein, 1973).  Therefore the Young’s modulus and 
the cortical bone density were assigned with high values to account for the 
cancellous bone which was not modelled.  4-node quadrilateral shell elements were 
used to represent the vertebral cortical shell.  The cortical shell was assumed to be 
very stiff with homogenous isotropic properties, with a uniform thickness of 1 mm 
throughout the model.   
In incorporating the endplates (with realistic isotropic material properties obtained 
from the literature) these were assumed to be deformable.  Since the main application 
of this model is for intervertebral injury studies, the flexibility of the intervertebral 
discs was modelled by linear viscoelastic material.  This viscoelastic material model 
has been developed in the MADYMO code, in order to more realistically simulate 
the mechanical behaviour of the biological tissues (TNO Automotive, 2001b).  In 
order to reduce computational time and cost, the intervertebral discs were modelled 
using 8-node hexahedron elements, which lump together the properties of the 
annulus fibres, ground substances, and ligaments.   
4.2.3 Viscoelastic properties 
The viscoelastic law is defined by a bulk modulus, K∞, at t = ∞ and a relaxation 
function in shear G(t). 
The bulk modulus at t = ∞ is defined as 
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where Go the shear modulus at t = to and β = decay time constant (TNO Automotive, 
1999).  
The material properties for various components of the FE spine model were 
determined from the literature (Lee et al., 2000; Lizee et al., 1998; Lu et al., 1998; 
TNO Automotive, 2003; Ueno and Liu, 1987; Wang et al., 2000) and are listed in 
Table 4.1.  These material property values were used as a starting point for MODEL 
TWO.  These values were later adjusted as the model was simulated for quasi-static 
tests, in order to obtain a good correlation between the model’s predictions and the in 
vitro experimental data.  The values for Go and G∝, β were set to 0.98 MPa, 
0.5156MPa, and 1 ms-1, respectively.  These values fall in the range for the human 
intervertebral disc as reported in the literature.  
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Table 4.1: Total element numbers and material properties assigned to various 
structures of MODEL TWO 
Spinal 
Structure 
Element 
Type 
Material 
Type 
No. of 
elements 
Material 
Properties 
Reference 
Vertebrae 4-node shell Isotropic, linear 
elastic 
2176 E = 18000 MPa 
ν = 0.3 
ρ = 6000 Kg/m3 
 
(TNO, 2003) 
Endplate 4-node shell Isotropic, linear 
elastic 
164 E = 23.8 MPa 
ν = 0.4 
ρ = 1060 kg/m3 
 
(Lu et al., 
1998; Ueno 
and Liu, 1987) 
Nucleus 8-node solid Isotropic, linear 
viscoelastic 
60 K = 2.0 MPa 
Go = 1.107MPa 
G∞ = 0.314MPa 
ρ = 1360 kg/m3 
β = 1 ms-1 
 
(Lee et al., 
2000; Wang et 
al., 2000) 
Intervertebral 
disc 
8-node solid Isotropic, linear 
viscoelastic 
186 K = 16.7 MPa 
Go = 1.98MPa 
G∞ = 0.5156MPa 
ρ = 1100 kg/m3 
β = 1 ms-1 
 
(Lizee et al., 
1998) 
Total element 
numbers 
   
2586 
  
Total node 
numbers 
   
2644 
  
 
4.2.4 Boundary and loading conditions 
In the simulations for the validation study, additional bodies were defined and the FE 
vertebrae structures were supported to these additional bodies.  These additional 
bodies were given significantly lower masses and inertial properties in order to 
prevent them from affecting the kinematics of the FE structures.  Boundary 
conditions were specified for the model to allow loading of the superior vertebral 
body while keeping the inferior body rigidly fixed.  In order to achieve desirable 
boundary conditions, a bracket joint was defined between the inferior body and 
inertia space, in order to constrain the relative motion of the interconnected bodies.  
The L5 FE vertebra structure was supported to the inferior body and was fixed in all 
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directions.  The superior vertebra, having no constraints, was allowed to move when 
subject to loading.  To validate the model, the same loading conditions as described 
in in vitro experiments were applied (Berkson et al., 1979; Schultz et al., 1979). 
Compressive force, which served as preload corresponding to a force of 400 N, was 
imposed on the superior surface of the vertebral body in order to include the effects 
of the upper body.  Distributed loads were applied to the superior vertebra to produce 
shear, flexion, extension, lateral bending and axial torsion movements.   
For compression loading combined with flexion and extension, the same 
compression force of 400N was loaded on the centre surface of the L4 vertebra, and 
the flexion or extension moment was applied to a pair of axial compressive forces of 
up to 20Nm at the anterior and posterior ends on the surface of the L4 vertebra.  The 
axial compression loading on the centre surface of L4 was combined with lateral 
bending or rotational moment applied to a pair of forces of up to 20Nm at both 
lateral ends on the surface of the L4 vertebrae. The bending moments were 
represented by a linearly varying distribution of vertical or horizontal loads acting on 
the superior body.   
Nodal displacements and rotations in the superior FE spine structure of the loaded 
spinal unit were used to determine the gross resultant translation and rotation of the 
superior vertebra relative to the adjacent inferior vertebra.  In the analyses, a bracket 
joint was used to measure the resultant force.   
The distributions of the von Mises stresses on the intervertebral discs under 
compression force in MODEL TWO were analysed and compared with the 
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distribution of compressive stress within cadaveric intervertebral discs reported by 
McMillan et al. (1996). 
In MODEL TWO the connection between vertebrae bodies, endplates and 
intervertebral discs were assumed by nodes sharing.  The contact loads transmitted 
by the facet joints were modelled realistically by defining contact interfaces between 
these surfaces.  The completed model of the lower lumbar spine contained 2586 
elements and 2644 nodes, as listed in Table 4.1.   
4.3 Results 
4.3.1 Relative motion 
MODEL TWO is validated for 6 DOF by comparing its responses with the in vitro 
experimental data of quasi-static tests carried out by Berkson et al. (1979) and  
Schultz et al. (1979).  MODEL TWO has been subjected to small loads (205 N and 
20.5 Nm) to determine their load-displacement curves in all physiological loading 
modes: compression, posterior, anterior and lateral shear, flexion moment, extension 
moment, lateral bending moments, and clockwise torsion.   
The terms ‘good’, ‘reasonable’ and ‘poor’ are introduced to compare the model 
response with the experimental results.  ‘Good’ means the main displacement and 
rotation values of MODEL TWO are close to the average of the experimental results.  
‘Reasonable’ means within the standard deviation (SD) of experimental results.  
‘Poor’ means outside the SD of the experimental results. 
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The force-displacement responses of the FSU model under compression, anterior and 
posterior shear and lateral shear are shown in Figure 4.1, together with the 
experimental results of Berkson et al. (1979).  The translational displacements of the 
model correlated well with the experimental data, ranging from reasonable to good.  
A qualitative comparison of the model results and the experimental results is 
presented in Table 4.2.  The translational displacement is good in compression, and 
is reasonable in posterior and lateral shear.  However the model is slightly stiffer in 
anterior shear. 
Figure 4.3 shows the results of the FE spine model validated against the published 
data in the angular motions, i.e. flexion, extension, torsion, and lateral bending.  It 
can be seen that the simulated results correlated well with in vitro measurements in 
the rotational movements.  In Table 4.2, a qualitative comparison is presented.  The 
rotational motions are poor to reasonable.  The model is slightly stiffer in lateral 
bending.   
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Figure 4.2:  Comparison of the translational displacement of MODEL TWO ( ) 
with experimental results ( )of Berkson et al. (1979).  Horizontal lines 
represent the standard deviation (SD) of the experimental results.   
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Figure 4.3: Comparison of the rotational motions between the results of MODEL 
TWO ( ). and the in vitro experimental results ( )by Schultz et al. (1979).  
Horizontal lines represent the SD of the experimental results. 
 
Table 4.2:  Qualitative comparison of MODEL TWO with experimental results as 
presented in Figure 4.2 and Figure 4.3 
Load Load-displacement Curve§ comment 
Compression good  
Anterior Shear reasonable  
Posterior Shear good  
Lateral Shear reasonable stiff 
Extension good  
Flexion good  
Lateral Bending poor stiff 
Axial Rotation reasonable flexible 
§ good: close to average of experimental response 
  reasonable: within SD of experimental response 
  poor: outside SD of experimental response 
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4.3.2 Distribution of stress 
Figure 4.4 shows the result of the validation of MODEL TWO based on the 
cadaveric experiment carried out by McMillan et al. (1996).  Note that in Figure 4.4 
the distribution of compressive stress within the intervertebral disc is plotted as a 
function of distance across the disc.  The FEM predictions for stress distribution in 
the intervertebral discs correlate well with the results for the experimentally tested 
specimens reported by McMillan et al. (1996).  The model predictions and 
experimental measures of stress distribution were not significantly different.  
However the magnitude of the values for anterior and posterior stress was slightly 
lower in the model than the experimental results. 
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Figure 4.4: The distribution of vertical compressive stress within the intervertebral 
disc when the disc is loaded at 500N.  Model prediction ( ), and results 
( ) of McMillan et al. (1996) 
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  148 
4.4 Discussion  
4.4.1 Model validation 
The author has developed a three-dimensional FEM of a lower lumbar spine motion 
segment, called MODEL TWO.  The model was specifically created to predict local 
deformation⎯that is, stresses⎯at the spinal components.  Before MODEL TWO can 
be used for studying stress distribution in specific elements, the model needs to be 
validated so that it replicates as closely as possible the essential features of a real 
human spine.  The reliability of a model’s prediction critically hinges on an 
appropriate representation of its mechanical properties (Dolan and Adams, 2001; 
Spilker et al., 1986).   
Experimental studies have been performed to characterise the mechanical properties 
of the lumbar spine for all physiological loading under quasi-static tests (Asano et 
al., 1992; Berkson et al., 1979; Lin et al., 1978; Markolf, 1972; Miller et al., 1986; 
Panjabi et al., 1977; Schultz et al., 1979; Tencer et al., 1982).  These mechanical 
property values are described as the relationship between force and displacement 
(load-displacement curves).   
On the other hand, due to technical difficulties, there are currently hardly any 
experimental data which could characterise the dynamic mechanical properties of the 
lower lumbar spine⎯such as anterior-posterior shear, compression properties, 
extension-flexion moment or torsion moment.  Therefore, the mechanical properties 
of the intervertebral discs for the present study have been determined based on the 
work by Lizee et al. (1998).  This work was chosen because the viscoelastic 
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intervertebral disc for the complete human model by Lizee et al. (1998) was 
validated against cadaver responses in various impact tests.  
Since there is a lack of sufficient comprehensive experimental data for dynamic 
properties to provide a basis for model input into MODEL TWO, the model had to 
be validated statically.  The reason static analysis is preferred by most researchers is 
explained by Goel et al. (1994).  According to the study, dynamic analysis of the FE 
spine model is very costly in terms of CPU time.  In a typical case the actual 
computation can take up to 40 hours and the data processing can take from three to 
six days.   
In this chapter the quasi-static validation of the FE lower lumbar spine has been 
presented based on low load experiment tests using ligamentous cadaveric lumbar 
segments (Berkson et al., 1979; Schultz et al., 1979).  This is due to the fact that in 
response to WBV, the spine is only subjected to small motion and thus the motion 
segments can develop only relatively small moment and shear resistance forces 
(Seidel et al., 1997; Fritz, 2000; Pankoke et al., 2001; Verver and van Hoof, 2002; 
Verver et al., 2003).   
Berkson et al. (1979) and Schultz et al. (1979) subjected disc segments and motion 
segments of the lumbar spine to quasi-static loads.  Their experimental results were 
presented in terms of load-displacement curves, which described the stiffness 
properties of the lumbar spine motion segments.  These experimental data have been 
used to define the disc stiffness of MODEL TWO.  In accordance with the 
experiments, the physiological loads were applied to the upper vertebrae.  Therefore, 
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loads were applied to the upper vertebrae of MODEL TWO.  The resulting three-
dimensional displacements and rotations at the geometric centre of the intervertebral 
disc in the model were measured.  The model responses were compared with the 
average (±SD) of all segments in the lumbar spine experiment carried out by 
(Berkson et al., 1979; Schultz et al., 1979). 
The material properties of the element of the annulus fibrosus and ground 
substances, as well as the ligaments, were derived from Lizee et al. (1998); however, 
the preliminary simulation results show limited translational and rotational 
movement at the intervertebral joint during quasi-static loading simulation.  This is 
because the mechanical properties of the intervertebral disc used by Lizee et 
al.(1998) included the properties of central nucleus pulposus, peripheral annulus 
fibrosis, ground substance, and cartilage endplates on its superior and inferior 
surfaces.  In the present FE spine model, the cartilage endplates and the central 
nucleus pulposus have been modelled separately from the peripheral annulus 
fibrosis.  Therefore the annulus material properties of the annulus fibrosis were 
modified, until agreement was reached between the model predictions and the 
experimental results (Berkson et al., 1979; Schultz et al., 1979).  It was found that 
reasonable rotation and translation movement at intervertebral joints could be 
achieved when their shear modulus values as set by Lizee et al. (1998) were 
decreased by an amount of approximately twice their original values.  The final 
values used in the model are listed in Table 4.1 as modified data.   
After material modification was completed, other physiological load states were used 
to check the model.  As a result of simulation, it was found that the predicted load-
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displacement curves were within the standard deviation of the experimental results 
by Berkson et al. (1979) and Schultz et al. (1979). 
Likewise, the distributions of stress within the intervertebral disc were validated 
against experimental testing by McMillan et al. (1996).  These researchers subjected 
a L4-5 FSU to a compressive load of 500N.  Compressive load was applied to the 
upper vertebra.  The resulting distribution of compressive stress within the 
intervertebral disc was measured using a transducer.  This disc experiment was used 
in the present study to validate MODEL TWO in terms of stress distribution within 
the intervertebral disc.  The L4-5 spinal segment model shows a good response 
compared to the experimental data: the simulated result is close to the experimental 
result, as shown in Figure 4.4.   
4.4.2 Model assumptions and limitations 
The predictions of the FE spine model were compared to the results of in vitro 
studies (Berkson et al., 1979; Schultz et al., 1979) with the same type of loading 
conditions.  The results from MODEL TWO are within the standard deviation of the 
experimental response as reported in the literature, except in lateral bending motion.  
The model movement is slightly stiffer in lateral shear and lateral bending, and is 
slightly more flexible in axial rotation.  These differences may be due to the different 
geometries and material properties used.  The in vitro spinal disc had high flexibility, 
due to its fluid containing nucleus and fibrous tissue of the disc annulus.  The 
biomechanical characteristics of the disc showed viscoelastic behaviour and had less 
stiffness.  In the present FE analysis, solid elements were applied to simulate the 
discs.  As suggested by Chen et al.(2001), in disc simulation, using solid elements to 
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mimic the disc’s non-linear characteristics is difficult; as a result the MODEL TWO 
disc has greater stiffness than  that of the cadaver specimen.  
Regarding the geometry of MODEL TWO: the model has a lower height than the 
cadaver specimen.  The model’s short column provides greater stiffness than the 
cadaver specimen’s long column.  Besides, the lordotic curvature of the model was 
less than that of the lumbar spine of a normal person (see Figure 4.5), because the 
model was secure in the seated position.  Therefore, the shorter height of MODEL 
TWO, with less lordosis, might cause less angular motion than the cadaver specimen. 
                     
Figure 4.5: The lordosis curvature of a normal human spine in neutral posture (Left) 
and MODEL TWO (Right). 
 
Furthermore, it is impossible to develop and analyse a FE model without making any 
assumptions.  In order for MODEL TWO to replicate the feature of the actual human 
spine as closely as possible, some assumptions have been made based on engineering 
judgement.  The vertebrae and bony structures are very complex and heterogenous, 
and in order to reduce complexity and to keep the model simple, these components 
have been assumed to be homogenous, isotropic and with linear elastics.  The 
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nonlinearity of the model results not from material nonlinearity, but from the 
geometrical nonlinearity of the mesh of vertebrae and intervertebral discs. 
Although the lateral bending predicted by MODEL TWO (based on the 
abovementioned assumptions) was lower than that of in vitro measurements (Schultz 
et al., 1979), the results for overall motion of this FE spine model fell within the 
same order and with the same range of motion of the in vitro tests.  Besides, the 
linear model is accurate for the prediction of responses under lower levels of 
compression and pure moment loading⎯such as exposure to vibrational loads while 
driving a vehicle (Fung, 1993; Kumaresan, 1997; Yoganandan et al., 2001).  
Likewise, even though the behaviour of living tissue is known to be non-linear, an 
assumption of linear soft tissue is commonly made in FE models⎯because using 
linear material behaviour (as has been done in MODEL TWO) significantly reduces 
computational time.  Moreover, Sandover (1978) reported that the human body could 
be modelled as linear when evaluating vehicle vibration of the order of 2 ms-2 r.m.s. 
A further assumption relates to the modelling of MODEL TWO is the incorporation 
of viscoelastic elements.  Numerous studies have demonstrated that soft tissues (such 
as intervertebral discs, nucleus pulposus, and ligaments) that are subjected to 
repetitive loading show creep and stress relaxation behaviour, because of their 
viscoelastic properties (Adams et al., 1996; Iatridis et al., 1996; Oliver and Twomey, 
1995).  Thus it has been suggested that the response analysis of a spinal motion 
segment under a high number of repetitive loadings requires consideration of its 
time-dependent material properties (Shirazi-Adl and Goel, 2001; Wang et al., 
1997a).  In MODEL TWO, viscoelastic elements were chosen to simulate the 
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intervertebral discs and the nucleus.  Hydrostatic deformation is assumed to be 
purely elastic, especially for nearly incompressible materials such as the nucleus; this 
assumption simplifies the model without any loss of accuracy (TNO Automotive, 
2001b).  Therefore MODEL TWO can reliably undergo qualitative assessment of the 
stress distribution of the disc. 
4.5 Conclusions 
A FEM of the lower lumbar spine has been developed for the prediction of stress 
distribution due to WBV.  The model comprises a detailed and realistic 
representation of the vertebrae, intervertebral discs, nucleus pulposus and endplates.  
The material was assumed to be linear although it exhibits some nonlinearity.  The 
model has been validated for 6 DOF using published quasi-static experimental data.  
Besides that, the model has also been validated in terms of the stress profile in the 
intervertebral disc subject to compressive force.  The mechanical behaviour of the 
model agreed reasonably well with the experimental data: that is, the simulated 
global force-displacement and moment-rotations were generally within the standard 
deviation of the experimental data.  Likewise, the stress distribution in the 
intervertebral disc agrees reasonably well with the cadaveric experiment.  Therefore, 
this FE lower lumbar spine model was able to predict local tissue mechanisms⎯that 
is, stress⎯within the discs.   
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CHAPTER 5 
A combined model for determination of spinal stress subjected to 
whole-body vibration 
There is much that remains unclear about exactly how low level vibration leads to 
fatigue failure of the lower lumbar spine.  An understanding of lumbar spine injury 
mechanisms can be derived from studying the local behaviour of the lumbar spine 
motion segment and its soft tissue elements.  Without directly studying the lower 
lumbar spine at the level of its components, it is not possible to determine the 
relationship between the mechanisms of lower back disorders and their associated 
syndromes.  On the other hand, if the distribution of local stresses within spinal 
components can be accurately measured, then both the causes and consequences of 
structural damage can be studied.  The research objective presented in this chapter is 
therefore to develop a new 50th percentile male occupant model⎯called MODEL 
THREE⎯to investigate the stress distribution in its spinal components subjected to 
WBV.  In order to achieve this objective, MODEL TWO as developed and validated 
in Chapter 4 will be integrated into MODEL ONE (presented in Chapter 3).  The 
general model set-up of MODEL THREE is introduced in section 5.2.  As a first step 
in the dynamic validation of MODEL THREE, simulations of Kitazaki’s WBV 
volunteer experiment (Kitazaki, 1994) have been performed  (Section 5.3).  The seat-
to-head and seat-to-L3 transmissibilities results of the simulations from the new 
human model are presented in Section 5.3.1.  The distribution of stresses in the 
spinal components subjected to WBV is presented in Section 5.3.2, followed by a 
discussion (Section 5.4).  Section 5.5 outlines the findings from simulating the 
detailed human model with FE lower lumbar spine subjected to WBV. 
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5.1 Introduction 
The literature indicates that exposure to vertical whole-body vibration (WBV) with 
the fundamental resonant frequency of the human spine in the range of 4-6 Hz leads 
to an increased relative translational and rotational movement of the spinal segments 
(Griffin, 1990; Hagena et al., 1986; Matsumoto and Griffin, 1998; Matsumoto and 
Griffin, 2001; Sandover and Dupuis, 1987).  The relative movements of the spine 
segments consequently result in an increased dynamic load acting on the vertebrae, 
endplates, intervertebral disc and facet joints (Wikstrom et al., 1994).  Dynamic 
loading beyond the limit of the tissue’s tolerance may produce fracture or damage to 
the intervertebral disc or other spinal components.  Lumbar intervertebral discs can 
also be sources of intrinsic pain without nerve root involvement (Moneta et al., 1994; 
Ohnmeiss et al., 1997; Schwarzer et al., 1995).   
In the field of orthopaedics and related sciences there has therefore been great 
interest in understanding the relationship between the structure of the spine and the 
dynamic loading function.  For instance,  Wilke et al. (1999) measured intradiscal 
pressure in vivo using a pressure transducer which was implanted in the nucleus 
pulposus in L4-5 discs of a volunteer.  The intradiscal pressure in the upright sitting 
unsupported relaxed postures was found to be around 0.5 MPa.  Later, El-Khatib and 
Guillon (2001) measured pressure in the nucleus pulposus at all lumbar disc levels in 
cadavers submitted to WBV.  The intradiscal pressure due to WBV was reported to 
be less than 0.5MPa.  These in vitro and in vivo studies have the potential to serve as 
a basis for the validation of a mathematical model to predict spinal loads under static 
and dynamic conditions.  (Unfortunately, no information on focal stress 
concentrations within areas of discs can be extracted from these studies.)   
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Due to the highly irregular geometry and variation in the structural properties of the 
spine, the finite element method (FEM) seems to be an appropriate tool for analysis, 
as it is capable of evaluating the deformations, stresses, and pressures in such 
complicated structures as intervertebral discs and vertebrae.  As described in Chapter 
2, the intervertebral discs in the numerical FE human models reported in the 
literature (Buck and Woelfel, 1998; Pankoke et al., 1998; Pankoke et al., 2001; 
Seidel et al., 2001) were modeled using only spring elements.  Spring elements are 
useful to predict the local forces which give a deeper insight into the forces and 
moments acting on the human spine due to WBV (see Sections 2.2.4).  The 
disadvantage of force data, however, is that they are global.  Identical internal forces 
can cause different mechanical stresses, depending on the surfaces on which they act 
(Seidel et al., 1997).  Because of the inherent complexity of the spinal column, both 
physiologically and mechanically, the aforementioned simplistic models (which lack 
anatomic segments) are not capable of predicting accurately the internal response 
(stress) of the spine.   
To the best of the author’s knowledge, stress distribution over the intervertebral disc 
subjected to WBV has not been previously described, and the level of stress inside 
intervertebral discs subjected to WBV is not known.  In an attempt to bridge this gap, 
the primary objective of this research, detailed in this chapter, is the development 
and validation of a new human model⎯MODEL THREE⎯using, for validation, 
experiments performed on volunteers sitting on rigid seat (Kitazaki, 1994).  This 
chapter’s secondary objective is to use MODEL THREE to determine the pattern of 
stress distribution in the intervertebral discs and endplates due to WBV exposures.  
The stress distributions in the FE spine model have been analysed, in order to 
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identify areas that are subjected to the greatest stresses and which are more likely to 
be susceptible to pain and injuries.   
5.2 Simulation set-up 
For the purpose of the present study, the validated FE lower lumbar spine (L3-
L5)⎯MODEL TWO⎯as presented in Chapter 4 has been integrated into the updated 
version of the 50th percentile male occupant model (MODEL ONE), to form a new 
human model, called MODEL THREE.  In this way it is possible to study the 
interaction of other body parts with the FE lower lumbar spine due to WBV, and also 
the interaction between the human with the rigid seat due to WBV.  MODEL ONE 
has been described in Chapter 3.  MODEL THREE is a combination of multi-body 
and FE packages, using an explicit time integration method (TNO Automotive, 
2001a).     
The simulation set-up of MODEL THREE was exactly the same as the experimental 
set-up carried out by Kitazaki (1994), as described in Chapter 3 (see figure 3.4).  In 
the simulations the positioning of MODEL THREE was based on photos from 
Kitazaki’s experiments.  The pre-simulation was performed to allow the new human 
model to settle into the rigid seat, and thus to find an equilibrium position just above 
it.   
The effect of initial muscle activations (which have sufficient resistance to maintain 
specific posture and spinal stability) was incorporated into MODEL THREE.  The 
effect of initial muscle activity was approximated using additional rotational and 
translational joint resistance. The required additional parameters for the muscle 
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substitutes were derived from the literature (Aruin and Zatsiorsky, 1984; Winters and 
Woo, 1990; Farahmand et al., 1998; Brouwn, 2000; Schouten et al., 2001; Aimedieu 
et al., 2003); this has been presented in detail in Chapter 3, section 3.3. 
A pre-simulation was performed in order to position MODEL ONE into MODEL 
TWO.  Pre-simulation is required to avoid negative volumes in elements, and to 
account for the FE deformation of the soft tissue.  The coordinates at the end time of 
the pre-simulation were copied to the table with the node description in the FE 
model.  Contacts were defined between the vertebral bodies and the ellipsoids, which 
describe the geometries of the vertebrae (TNO Automotive, 2001a).  In these 
contacts, the compliance of the material was taken into account by allowing 
penetration in the contacting surfaces, which are not more than half of the thickness 
of the ellipsoid.  A graphical view of the complete human model with FE lower 
lumbar spine (L3-L5) is presented in Figure 5.1.    
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Figure 5.1: The seated human model with the FEM of the lower lumbar 
spine⎯MODEL THREE. 
5.3 Results 
This section describes the verification of MODEL THREE, followed by detailed 
analysis of stress distributions in the intervertebral discs and endplates subjected to 
vertical WBV.  
5.3.1 Dynamic verification of the new human model  
Dynamic validation of the FE lower lumbar spine, which is embedded into the 
updated version of the 50th percentile occupant model (presented in Chapter 3) has 
been done by comparing the vertical seat-to-L3 and seat-to-head transmissibilities 
with those from the literature (Kitazaki, 1994).  Figure 5.2 shows the seat-to-head 
and seat-to-L3 transmissibilities simulated by MODEL THREE as compared to the 
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transmissibility presented in Kitazaki (1994).  It can be seen that the simulated 
results are close to the mean values of the measurements of human volunteer subjects 
in the area of principal human resonance.  However, in contrast with human principal 
resonance, the simulated seat-to-head and seat-to-L3 transmissibilities values were 
significantly underestimated by MODEL THREE.  This was due to the damping and 
hysteresis model in the active muscle. 
 
 
Figure 5.2: Comparison between vertical transmissibilities calculated by MODEL 
THREE and median experimental data from Kitazaki (1994): (a) seat-to-head, and 
(b) seat-to-L3.  MODEL THREE ( ); Kitazaki (1994)( ). 
 
5.3.2 Distribution of stress within intervertebral discs 
The analysis emphasises the stress distribution in intervertebral discs due to WBV.  
The effects of vibration were evaluated in terms of peak von Mises stresses in the 
intervertebral discs and endplates.  The computed von Mises stresses in the 
intervertebral discs under static unsupported seated posture are shown in Figure 5.3.  
It can be seen that the stresses are higher radially, especially in the anterior region, at 
the L3-L4 intervertebral disc.  These stresses range from 0.4 MPa to 0.46 MPa.  In 
  162 
contrast, for the L4-L5 disc, the stresses are higher in both posterior and anterior 
regions.  The corresponding stresses range from 0.43 MPa to 0.5 MPa. 
With increased compression during seated WBV, the von Mises equivalent stresses 
increased in both L3-L4 and L4-L5 intervertebral discs (Figure 5.4). The peak stresses 
were observed to redistribute around the anterior region of the L3-L4 intervertebral 
discs.  The corresponding von Mises stress values in the intervertebral discs in the 
anterior region of the L3-L4 range from 0.45 MPa to 0.52 MPa.  Likewise, it can be 
seen that the posterolateral L4-L5 disc are highly stressed.  The corresponding von 
Mises stress values in the intervertebral discs in the posterior region range from 0.5 
MPa to 0.64 MPa. 
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Figure 5.3: Peak von Mises stress in L3-L4 (left) and L4-L5 (right) intervertebral discs 
under static unsupported seated posture. 
 
 
 
Figure 5.4: Peak von Mises stress in L3-L4 (left) and L4-L5 (right) intervertebral discs 
subjected to WBV. 
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Pa 
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5.3.3 Distribution of stress within endplates 
As can be seen from Figure 5.5, WBV induces a non-uniform stress profile 
distribution in the intervertebral discs.  Stress concentration was observed in the 
posterior part of the L4 vertebral endplate, with von Mises stress ranging from 0.4 
(Yellow) to 0.52 MPa (Red).  The highest von Mises stress level indicates that this 
region may be most susceptible to bone fracture and injuries.   
Likewise, the L5 vertebral endplate had the highest stress concentrations in the 
posterolateral area.  This area shows maximum von Mises stress that ranges from 0.6 
MPa (Green) to 1.05 MPa (Red).  The high stress concentrations around the 
posterolateral endplate area agree with what was expected, as this region is a 
common place for injuries due to loading.  When the superior vertebral displacement 
is viewed from the side elevation, it can be seen that the bodies of the vertebrae and 
superior articular processes are compressed downwards.  At the same time the 
spinous process and inferior articular process compensate for this movement by 
moving backwards and upwards.  Thus the upwards and downwards movement of 
the vertebral bodies due to applied vibration induces high levels of stress in the 
posterolateral region.   
Another possible area of concern can be seen around the anterior surfaces of the L3 
vertebral endplate, where high levels of stresses are indicated.  These stresses range 
from 0.4 MPa to 0.5 MPa.    
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Figure 5.5: Endplate von Mises stresses subjected to WBV: A: L3 inferior endplate; 
B: L4 interior endplate; C: L5 superior endplate 
 
5.4 Discussion 
MODEL THREE has been used to assess stress distribution in intervertebral discs 
and endplates under WBV.  This model with its accurate anatomical structures of the 
lower lumbar spine can be used to gain insight into the response mechanisms within 
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spinal components subjected to WBV.  The implications of these findings for current 
state of the art human models will be provided.   
5.4.1 The new human model⎯MODEL THREE 
The principal objective of this chapter is to determine the seat-to-head and seat-to-L3 
transmissibilities of MODEL THREE in order to assess the validity of the model. 
MODEL THREE is a major update of the 50th percentile male occupant model 
presented elsewhere (Pang, 2003).  Geometrical description of the lower lumbar 
spine has been considerably improved.  This improved geometrical description is the 
major advantage of MODEL THREE⎯this study has sought to develop and validate 
a whole human model with more accurate anatomic representation of the FE lower 
lumbar spine model (L3-L5), and, subsequently, to use MODEL THREE to 
investigate stress distribution in the lumbar spine subjected to WBV.   
The development of MODEL THREE was largely based on drawing comparisons 
between the simulated results and the results of experiments recorded in the 
literature.  The FE spine model was verified both using in vitro results (see Chapter 
4) and the experimental data with human subjects that was documented by Kitazaki 
(1994), as shown in Figure 5.2.   
 The simulated result curves clearly agree with the human subject measurements in 
the area of the human’s principal resonance in the z-direction.  However seat-to-L3 
transmissibility decreases steeply at frequencies above 7 Hz, which indicates a 
marked decrease in vibration.  The probable reasons for such a discrepancy are that 
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in the FE spine model, the vertebral bodies were connected by intervertebral joints, 
which represented the lumped mechanical behaviour of the properties of the annulus 
ground substances, annulus fibres, and ligaments.  It is currently still difficult to 
represent dynamic properties such as stiffness and damping in living subjects; and as 
far as mechanical behaviour in whole human body vibration is concerned, generally 
only static properties from cadavers are available in the literature (Griffin, 2001; 
Khalil and Viano, 1982).  Moreover, MODEL THREE inherits the limitation of the 
updated version of the MADYMO human model (Pang, 2003).  The adaptation of 
active trunk muscles with damping properties⎯which lightly damped the oscillation 
behaviour⎯also caused MODEL THREE to underestimate acceleration 
transmissibility at the higher frequency range (Appendix B).   
Although some discrepancies were observed between the simulated responses and 
the actual human responses, the shapes of the curves were quite similar.  The 
simulated peak resonant frequency falls within the human principal resonance range.  
This means that the vibration properties of the human subjects are sufficiently 
imitated by MODEL THREE.  This is a major advantage of this model compared 
with previous dynamic motion segment models (Goel et al., 1994; Kasra et al., 1992; 
Kong and Goel, 2003), which tended to overestimate the human’s principal resonant 
frequency.  Therefore the author is confident that MODEL THREE as presented in 
this chapter is capable of simulating the biodynamic responses to vertical WBV.   
5.4.2 Stress analysis  
The secondary objective of this chapter is to study stress distribution in the spinal 
motion segment under WBV using a three-dimensional FEM.  The distribution of 
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peak stress within the lumbar intervertebral discs is of particular interest because, as 
suggested by Seidel et al. (1997), the risk of injury should be determined on the basis 
of peak stress values and not in terms of the entire pattern of exposure; this is due to 
the fact that stress concentration in the intervertebral disc may cause pain (Dolan and 
Adams, 2001; McNally et al., 1996) and also can cause a disc to prolapse (McNally 
et al., 1993; McNally et al., 1996). Critically stressed bone elements may indicate 
accelerated localised degeneration, either immediate (e.g. bone fracture), or 
degenerative (e.g. facet arthritis).   
During vertical WBV, the FE lower spine model presented in this thesis 
demonstrated an increase in stress in the intervertebral discs, especially in the 
posterior and posterolateral regions (see Figure 5.4).  These findings are consistent 
with observations made by others (Adams et al., 1996; Edwards et al., 2001; Wang et 
al., 1998), who reported a stress peak in the posterior  and posterolateral annulus.  In 
support of this, Adams et al. (1996) introduced a new technique of ‘stress 
profilometry’ that allows the measurement of stress within the intervertebral discs 
after sustained creep.  Adams and co-workers found prolonged creep after a long 
period of automobile driving, greatly reduced stress in the nucleus and anterior 
annulus, and increased peak stress in the posterior annulus.   
It has been speculated that the posterolateral region of the intervertebral discs is 
weaker and softer than the anterior annulus, and that the outer region of the annulus 
exhibits less tendency to fail than the inner region (Skaggs et al., 1994).  Moreover, 
the posterior annulus contains thinner and fewer collagen fibres and fewer lamellar 
layers than the anterior or lateral annulus (Galante, 1967).  It appears that long-term 
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strain, exacerbated by repetitive loading, could have additional damaging effects.  
More recently, Yu et al. (2003) found several morphological changes in 
intervertebral discs, particularly at the posterior annulus fibrosus.  Yu and colleagues 
suggested that long-term repetitive loading to the intervertebral disc may be the 
critical factor causing morphological changes or damage to the intervertebral disc.  It 
has also been suggested that morphologic disc alterations after sustained 
compression are likely to be the result of changes in tissue stress (Lotz et al., 1998). 
Likewise, McNally et al. (1996) measured in vivo stress within intervertebral discs.  
They suggested that a predisposition to disc prolapse is associated with localised 
concentrations of compressive stress in the posterior annulus. 
As seen in Figure 5.5, high stress concentration in the intervertebral discs leads to 
similar focal stress concentration in the adjacent vertebral endplates.  This would 
possibly elicit pain from adjacent vertebrae by deforming the relatively weak 
vertebral body endplate (Adams et al., 1990; Adams et al., 2000a; Kuslich et al., 
1991).  Likewise, results reported by Lu et al. (1996) from a viscoelastic FEM of the 
lumbar spine indicate that maximum tensile stress in annulus fibres always occur at 
the inner posterior annulus at the junction of the disc and the endplate.   
5.4.3 Failure load 
Stress at a point in a tissue is defined as the force per unit area.  When the stresses at 
a point exceed the strength of the tissue at that point, the tissue fails.  In earlier 
experimental studies, the internal stress in the lumbar spine obtained from in vitro 
testing was based on mathematical calculation rather than direct measurement.  The 
ultimate compressive stress of intervertebral discs, under cyclical loading, was 
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predicated at about 1.03 MPa to 4.6 MPa (Hansson et al., 1980; Hansson et al., 
1987).  Over the years, the technique for measuring stress within the intervertebral 
disc has been improved and refined with the development of probes that can record 
stress in a specific direction.  Recently, Adams et al. (2000b) used a ‘stress-
profilometer’, which is a pressure transducer used to measure intradiscal 
compressive stress.  The maximum compressive stresses in the posterior annulus, 
nucleus and anterior annulus in a normal disc were 2.22, 1.76 and 1.90 MPa 
respectively.  Likewise, Edwards et al. (2001) measured the distribution of disc stress 
within the cadaver FSU using a pressure probe.  The stress profiles were measured 
along multiple paths through a cross-section of cadaveric lumbar intervertebral discs 
at a compressive force of 1000N.  The mean stress value for compression was 
1.78±1.13 MPa, and the highest compression stress value was recorded as 2.99 ± 
1.31 MPa.   
The von Mises stress values predicted in the intervertebral discs from the FE lower 
lumbar spine model subjected to WBV (as shown in Figure 5.4) are typically in the 
range of 0.4 to 0.6 MPa.  The values simulated by the model were within the 
compressive stress range (Adams et al., 2000b; Edwards et al., 2001) and ultimate 
compressive stress range (Hansson et al., 1980; Hansson et al., 1987) reported by the 
experimenters.  Therefore, the stresses in the intervertebral discs due to WBV load 
predicted by the present model are not large enough to cause disc failure.  However 
the highest peak stresses in a mixed stress response in the intervertebral discs 
(particularly in the posterior regions) may indicate a plausible initiation of fatigue 
damage mechanism within this component when under WBV, depending on the 
failure strength of these regions.  Previous investigations demonstrated that the high 
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stresses caused by external loads might cause and exacerbate degeneration of the 
spinal components (Kim et al., 1991).  This observation was further supported by 
Walsh and Lotz (2004) who conducted in vivo experiments on a mouse tail disc with 
a dynamic compressive load within 0 MPa to 1.3 MPa.  Stresses up to 1.3 MPa have 
been chosen because they are within the range for human activities such as simple 
upright posture, walking and lifting moderate weights (Lotz and Chin, 2000).  Walsh 
and Lotz found that cell death in the nucleus and annulus was reported to be higher 
after loading at higher stress (0.9MPa).  Therefore, increases in cell death under 
certain loading conditions initiate degeneration of the disc.  If sufficient cell death 
has occurred, the disc cannot recover once the loading has been removed (Lotz et al., 
1998). With disc degeneration, failure stresses were significantly reduced as 
compared to an intact disc (Acaroglu et al., 1995). Failure of the annulus fibrosus or 
damage to the collagenous network is a potential cause of disc herniation.  Clinical 
failure of the annulus in the posterolateral region of the disc was attributed, in part, to 
a reduction in tensile failure stress in that region relative to the anterior region 
(Skaggs et al., 1994).  
Ochia et al. (2003) reported that endplate failure stresses occur in the range of 3 MPa 
to 10 MPa.  Likewise, failure stresses determined by Grant et al. (2001) at the central 
endplate region range from 5 MPa-10 MPa.  The simulated stresses of the endplate 
subjected to WBV ranged from 0.4 MPa to 1.05 MPa (Figure 5.5), which were lower 
than the endplate failure stresses measured by Grant et al. (2001) and Ochia et al. 
(2003).  This indicates that the overall magnitudes of the stress in the vertebral 
endplate (maximum 1.05 MPa) were not sufficient to allow for endplate fracture 
caused by low frequency vibration.  The von Mises stress values in the endplates are 
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higher than those observed in the adjacent intervertebral disc; this implies that the 
initiation of fatigue failure due to WBV would start at the vertebral endplates. 
The present study did not seek to investigate the failure mode of the motion segment 
under WBV, because low magnitudes of vibration may not induce failure in the disc.  
Over the years, a significant quantity of biodynamics data has been generated by 
different researchers to provide a means of estimating the forces and motions being 
transmitted to and within the body under specific vehicular vibration environments 
(Fritz, 1997a; Seidel et al., 1997; Verver et al., 2003).  The estimated vibrational 
forces are about 550 N to 800 N for compressive forces, and 30 N to 150 N for shear 
forces.  On the other hand the reported failure loads of the human cadaver’s vertebral 
motion segments range from about 4000 N to 12,000 N for compressive load (Adams 
et al., 1994; Brinckmann et al., 1988; Perey, 1957; Porter et al., 1989; Willen et al., 
1984), and about 1200 N to 2900 N for shear load (Begeman et al., 1994; Nolte et al., 
1993).  It is clear that the compression and shear forces are significantly lower than 
the failure loads of the spine structures.  Such failure load cannot be frequently 
reached at the lower acceleration vibration magnitude encountered in daily driving 
environments.  However if the vibrational forces are constantly repeated, they may 
cause fatigue fracture of the spinal segments.   
Sandover (1981) was the first to develop the hypothesis that fatigue failure in the 
region of the vertebral endplates is the dominant form of primary damage to initiate 
WBV-related diseases of the spine.  Although the magnitude of the vibration loading 
may be of a submaximal level compared to the strength capability of the individual, 
its prolonged and repetitive nature can be detrimental to the long-term health of the 
  173 
musculoskeletal tissues (Hansson et al., 1987; Liu et al., 1983; Sandover, 1983).  In 
vitro studies have confirmed that fatigue failure occurs at vertebral endplates under 
repeated compression significantly below the ultimate strength for single loading 
(Brinckmann et al., 1988; Hansson et al., 1987).  Similar observations have also been 
reported by those who have used FE models to study the disc.  For instance, 
Natarajan et al. (1994) developed an iterative scheme to study the initiation and 
propagation of annular tears and endplate fractures in a 3D FE model of an L3-L4 
body-disc-body unit.  Analysis of the intact model under axial compression revealed 
that failure occurred first in the endplate at the junction of the annulus and endplate 
in the posterolateral regions.  Natarajan and co-workers also studied how three 
different initial annulus injuries modified the initiation and progression of failure.  In 
the presence of each of these initial injuries, failure started in the endplate, 
posterolaterally.  These findings reinforce the concept that endplates are the weak 
link in the body-disc-body unit.   
Another possible consequence of stress concentrations is pain (Adams et al., 1996). 
It has been suggested that high stresses and stress gradients might elicit pain from 
nociceptive endings in the outer annulus because this region of the disc appears to be 
sensitive to mechanical stimulation.  Likewise, McNally et al. (1996) have suggested 
that discogenic pain was found to be associated with anomalous stress concentration 
of the posterolateral annulus.  However the threshold of stress that initiates such pain 
is still unclear in the literature.   
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5.4.4 The FE spine model and its limitations 
In order to obtain more realistic simulation results, all the structures should have 
realistic geometric and material properties.  However simplifications of the present 
FE spine model allow the saving of significant computational time. The fibres and 
ligaments were not modelled in detail but were lumped in the intervertebral discs.  
This may not have any great effect on the overall vibration response of the lumbar 
motion segment subjected to WBV:  there is evidence to suggest that fibres and 
ligaments play only a minor role in load-bearing under vertical loads compared with 
facet joints and the intervertebral discs (Hongo et al., 1999; Kasra et al., 1992; 
Shirazi-Adl et al., 1984).  Shirazi-Adl et al. (1984) developed and analysed a detailed 
nonlinear lumbar L2-L3 disc body unit to determine stress and strain distribution in a 
motion segment under axial compressive load.  The researchers found that the most 
vulnerable elements under compressive load are the cancellous bone and the endplate 
adjacent to the nucleus space.  The annulus fibres do not appear to be vulnerable to 
rupture when the disc-body unit is subjected to compressive force.  The study by 
Kasra et al. (1992) affirmed that annulus fibres were not vulnerable to rupture when 
the intervertebral joint was subject to axial vibration.  The experiment conducted by 
Brinckmann et al. (1988) also found that fractures were only aroused in the vertebrae 
endplates, while the annulus fibrosis of the intervertebral disc was not damaged.  
Similar observations have also been reported by Hansson et al. (1987), who 
examined 17 motion segments of the lower back under a cyclic axial compression 
load.  The applied load varied between 60% and 100% of the ultimate compressive 
strength of the motion segments, during one load cycle.  A fracture appeared after 1 
to 950 load cycles.  All observed fractures appeared in the area of the endplate.  No 
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injuries were observed in the outer fibres of the annulus fibrosis of the intervertebral 
discs.  
Some limitations were encountered in the present study.  For instance, while 
modelling of the intervertebral disc using viscoelastic material law enabled a good 
reproduction of the stress distribution observed in the in vivo tests, the shell elements 
were not suitable for predicting realistic stresses within the bone structure.  This was 
because the bone elements of the vertebrae were assumed to be rigid, and were not 
allow to deform.   
The current study focused on the pre-failure mechanical behaviour of the spine.  As a 
result, its analyses are limited to events leading up to, but not including, the actual 
fracture.  Consequently, the approach described in the present study is appropriate 
for studying the risk of fracture initiation, but cannot address issues regarding the 
subsequent fracture itself and how it may affect surrounding neurologic structures. 
5.5 Conclusions 
The major objective of this thesis was to develop and to validate a new human 
model⎯MODEL THREE⎯with detailed representation of the FE lower lumbar 
spine, in order to predict the distribution of stress within the intervertebral discs 
during WBV.  The FE spine model correlated quite well with the static loading 
results in the literature (Chapter 4).  Also, the seat-to-L3 transmissibility simulated by 
MODEL THREE was within the mean value of the reported measurements.  
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Therefore, MODEL THREE is likely to be valid and reliable when predicting the 
distribution of stress in the lumbar spine from WBV scenarios.   
A number of conclusions can be drawn from the present research to help in 
understanding the action of mechanical loads on intervertebral discs.  There is now, 
and for the first time, a starting point for quantitative assessment of stress 
distribution in the spinal components under WBV, provided by the results presented 
in this chapter.  Further research into these areas could therefore prove to be valuable 
in leading a more detailed understanding of LBP.  The following conclusions 
indicate what has been found by simulating the detailed human model with FE lower 
spine subjected to WBV. 
1. Large stress concentrations are found in the posterolateral region of the 
intervertebral discs, which is a common site of injuries due to loading.  
These local regions of high stress within the intervertebral disc are likely 
to be more vulnerable to tissue injury and may serve to accelerate disc 
degeneration leading to LBP.   
2. Stress distribution on the posterior site is much higher than on the other 
endplate site, indicating that the former is the site of initial failure during 
WBV loading. 
3. The high stress concentration of the intervertebral discs leads to similar 
focal stress on the adjacent endplates. 
  177 
4. Stress concentration in the endplates is higher than that in the 
intervertebral disc, which indicates that any failure is likely to occur first 
in the endplate, especially in the posterolateral regions.  
5. Although the present study cannot directly relate the in vitro findings in 
the literature to disc degeneration, the regions of high stress 
concentration in the posterior intervertebral disc correlate with the 
common locations of degenerative disc problems.   
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CHAPTER 6  
Conclusions and recommendations 
Many vehicles used in the industrial and transport sectors involve vertical vibration 
and shock of comprehensive magnitude.  Nowadays many motor vehicles have 
vibratory frequencies in the range of 1 Hz to 20 Hz that are close to the resonant 
frequency of the human spine; therefore the spinal column is susceptible to large 
oscillations and is thus more susceptible to damage (Pope and Hansson, 1992; 
Wilder, 1993; Wilder et al., 1982).  Likewise, these researchers also found subjective 
pain is greatest when the human body is accelerated at its principle resonance 
frequencies of approximately at 5Hz.  Therefore, the objective of the present research 
was to develop a mathematical human model to effectively analyse the human 
responses to whole-body vibration (WBV) similar to those encountered during 
occupational exposure.  
The thesis research was carried out in four phases: (i) development and validation of 
a multi-body seated human-seat model with special attention given to the adaptation 
of active trunk muscles; (ii) development and validation of a finite element (FE) 
lower lumbar spine model; (iii) development and validation of a combined human-
FE-spine model; and (iv) analysis of stress distribution in the intervertebral disc due 
to WBV.  Initial work on the development of a single-degree-of-freedom lumped 
parameter human model was also done, and is presented in the Appendix B as an 
experimental pilot study.  The series of research studies that comprises this thesis has 
contributed in several ways to the field of WBV and to understanding of the 
functioning of the lumbar spine. 
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In this chapter, the main findings of the results from previous chapters will be 
discussed.  Section 6.1 discusses the development and application of MODEL ONE 
under vertical vibration.  Section 6.2 discusses the development and validation of 
MODEL TWO.  Section 6.3 discusses the stress profile inside the spinal components 
subjected to WBV.  Section 6.4 highlights the limitations of MODEL THREE.  
Finally, recommendations for further study will be provided in section 6.5.   
6.1 The MADYMO human model⎯MODEL ONE 
The human model used in this study encompasses several features already adopted 
by other researchers (Verver et al., 2003), such as the deformation of the outer 
surface being described accurately through contact interactions of MODEL ONE 
with the rigid seat.  However, MODEL ONE as presented in this study is a major 
update of the  model presented by Verver et al. (2003).  The incorporation of active 
trunk muscles as well as neck muscles into MODEL ONE has been a considerable 
improvement.  Since it is beyond the primary interest of this study to incorporate 
detailed Hill-based muscle models, a simpler approach was initially chosen for 
simulating active trunk muscle.  This was achieved by simulating additional 
rotational and translational nonlinear stiffness functions and energy dissipation using 
hysteresis or damping.  The stiffness properties of the active trunk muscles have been 
incorporated based on literature data (see section 3.3).   
It must be emphasised that mathematical modelling is an indirect technique that is 
limited by the simplifications and assumptions necessary because of incomplete 
biological data and the inability to formulate complete constitutive equations of 
biological tissue (Fung, 1993).  It should be noted that the reduced biological detail 
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in a model is not altogether disadvantageous, since it facilitates understanding and 
manipulation of the processes involved in human functions by eliminating those 
variables which are unimportant (Fung, 1993).  In addition, a model that is 
mathematically relatively simple will accelerate the computational process used to 
solve the constitutive equations (Zahalak, 1992).  Simulated seat-to-head and seat-to-
spine transmissibility under the representative test conditions (see Figure 3.5) are 
within the mean value of the measured experimental data reported by Kitazaki 
(1994).  MODEL ONE, presented in Chapter 3, is thus able to predict the 
acceleration transmissibility (especially in terms of primary resonant frequency) of 
the seating dynamic encountered in vehicles. 
In the dynamic modelling, trunk and neck muscles were represented with rotational 
and translational stiffness, with generic muscle properties derived from skeletal 
muscle (Chapter 3).  Damping is used to dissipate energy and to attenuate the 
maximum linear and angular vibration acceleration of the spinal column.  However a 
major problem was encountered: MODEL ONE was unable to predict frequencies 
greater than 10 Hz.  The model showed the first resonant frequency at 5 Hz, which is 
within the mean of the experimental data with human eight subjects obtained from 
the literature (Kitazaki, 1994).  However, this response is limited to the frequency 
range from 0.5 to 10 Hz; in contrast the model grossly underestimated acceleration 
transmissibility at a higher frequency range (>10 Hz).  This phenomenon is caused 
by the means used to model energy dissipation, that is, by using hysteresis or 
damping in the muscular tissues and the spinal column.  Indeed, the simple lump 
parameter model verified this (Appendix B).  The second resonant peak is heavily 
damped.  It is to be noted that the model was simplified by assigning a uniform 
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damping to each muscle.  Therefore, the model needs further modification to achieve 
transmissibilities closer to the experimental data, especially throughout the frequency 
range above 10 Hz. 
The literature review showed that the frequency of the peak transmissibility transfer 
functions of the human body change with vibration magnitude.  Some studies 
reported that an increase in excitation magnitude causes decreased principal resonant 
frequency of the human (Mansfield and Griffin, 2000; Matsumoto and Griffin, 
2002c).  According to the researchers, the body could be acting as an inherently 
nonlinear dynamic mechanical system with nonlinear system parameters.  Likewise, 
previous studies have suggested that the softening nature of the soft tissue, and 
changes in muscle tension, are possible causes of nonlinearity in the biodynamic 
responses of the body.  However no known biomechanical whole human models 
exist that are designed to identify the cause of the nonlinear transmissibility response 
of the seated body.  MODEL ONE presented in Chapter 3 is an improvement on the 
MADYMO 50th percentile male occupant model presented by Verver (2003), 
because MODEL ONE has the ability to represent the non-linearity in the 
transmissibility of the seated body.  This thesis has shown that the incorporation of 
active muscle into MODEL ONE⎯with nonlinear damping and nonlinear 
stiffness⎯allows the prediction of nonlinear characteristics observed in human 
subjects, as reported in the literature (Mansfield and Griffin, 2000; Matsumoto and 
Griffin, 2002c).  The results presented in this thesis indicated that nonlinear element 
models with nonlinear stiffness functions and nonlinear damping are able to show a 
reduction in resonance frequency with increased vibration magnitude.  Similar that 
observed in the abovementioned studies, nonlinearity was observed in the response 
  182 
of MODEL ONE, as presented in this study (Chapter 3).  The resonant frequencies 
reduced from 5.4 Hz to 4.3 Hz as the vibration magnitudes increased.   
6.2 A finite element lower lumbar spine model⎯MODEL TWO 
Chapter 2 established the lower lumbar region of the spine (L3-L5) as the region of 
the spine most vulnerable to injury due to long-term exposure to WBV.  Numerous 
in vitro studies have been conducted focusing on the mechanical characteristics of 
the spine (Acaroglu et al., 1995; Adams et al., 2000a; Adams et al., 1996).  Although 
in vitro studies provide information with respect to understanding the behaviour of 
the spine, there are many disadvantages associated with these types of studies. Some 
key disadvantages of in vitro testing are inter-specimen variability; an inability to 
mimic the actual in vivo environment; difficulties associated with simulating realistic 
loading conditions and inability to determine the stress-strain relationships of the 
material involved (Iatridis et al., 1997; Nachemson et al., 1979).  Together, these 
insufficiencies provide strong support for the theory that developing another means 
by which to study the mechanical behaviour of the spine is necessary to supplement 
in vitro testing.  For this reason, a FEM is the appropriate model to investigate the 
stresses within individual elements of the intervertebral discs.  Therefore a three-
dimensional FEM of a lower lumbar spine motion segment⎯MODEL TWO⎯has 
been developed (Chapter 4).  An advantage of numerical modelling is that tissue 
responses can be predicted, and material properties and loads can be varied to a 
degree that is not possible with human subjects.   
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Over the years, detailed FEMs of FSUs which have been shown to accurately 
account for nonlinearities, creep and non-homogeneity of the disc annulus have 
become available in the literature (Argoubi and Shirazi-Adl, 1996; Iatridis et al., 
1999; Shirazi-Adl et al., 1984; Wang et al., 1997b).  However, most of the reported 
finite element FSUs have been developed in either ABAQUS-code or ANSYS-code, 
and none of these models have been developed in MADYMO-code.  Since the 
MADYMO multi-body 50th percentile male occupant model (TNO Automotive, 
2001a) has been selected as the basis for this study, it is appropriate to develop a FE 
lower lumbar spine model in MADYMO-code, as there is no such model available.  
The MADYMO software program provided several different types of elements 
useful for modeling the spine segments.   
The geometric description of the vertebrae and intervertebral discs is based on data 
obtained from a European project (Robin, 2001).  The geometry of the vertebrae and 
intervertebral discs was used to define the mesh and element connectivities for the 
present model.  The FE technique requires specific definitions of material properties 
for elements.  The material properties of the present model were determined from the 
published literature (Lizee et al., 1998; Lu et al., 1998; TNO Automotive, 2003; 
Ueno and Liu, 1987; Wang et al., 2000).   
The numerical model attempts to represent reality, however, it always simplifies the 
actual biological object.  Simplifications and assumptions are necessary because 
experimental data may be lacking, or because the complexity of mathematical 
calculations needs to be reduced (Fung, 1993).  In the present study, simplifications 
included a lumped parameter intervertebral disc, in which the annulus, ground 
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element and fibres were incorporated into one unit.  The intervertebral discs and 
endplates in MODEL TWO were built using solid elements.  Linear viscoelastic 
elements were incorporated into the intervertebral disc to simulate the creep 
relaxation characteristics of viscoelastic structures.  However, few dynamic 
viscoelastic material properties of the intervertebral disc have been available in the 
literature (Iatridis et al., 1997).  Therefore, the material properties of the 
intervertebral disc elements were determined based on the published research by 
Lizee et al. (1998).   Lizee’s model had been dynamically validated for frontal and 
lateral impact conditions so as to characterise the mechanical behaviour of the 
intervertebral discs⎯ which included the properties of annulus fibres and ground 
elements, nucleus, and endplates.  The mechanical properties developed by Lizee  
and co-workers (Lizee et al., 1998)  have been chosen as a basis to further develop 
the FE lower spine model, because these mechanical properties were, to the best 
knowledge of the author, the best data accessible at that time.  The intervertebral disc 
properties of the lower spine model were varied to obtain the best fit to the 
experimental data recorded in the literature (Berkson et al., 1979; Schultz et al., 
1979).  Since MODEL TWO was not an extension of any existing model but a new 
model, a comprehensive validation was undertaken, which included static 
physiological loadings and compressive stress.   
Although the mechanical properties may not be ‘exactly replicated’, the results of the 
present research (see Figure 4.2 and Figure 4.3) provide agreement between MODEL 
TWO’s predictions of main movements and cadaveric in vitro experiments in the 
literature (Berkson et al., 1979; Schultz et al., 1979) .  The simulated force-
displacement and moment-rotation were generally within the standard deviation (SD) 
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of the quasi-static experimental data in the literature, demonstrating that the material 
properties closely resembled the physiological values.  Additionally, in order to 
determine the stress distribution in intervertebral discs, MODEL TWO was validated 
against cadaveric experiments (McMillan et al., 1996).  The distribution of stress 
within the FE intervertebral disc model (see Figure 4.4) also agreed reasonably well 
with the cadaveric experiment by McMillan et al. (1996).  Likewise, the results 
showed that the stresses predicted in MODEL TWO are within the range of those 
reported in the literature, leading to confidence that the model is progressing in the 
right direction as far as material definitions are concerned.  Therefore, MODEL 
TWO is appropriate to simulate the behaviour of the human spine, and can obtain 
information that is not accessible via experimentation, such as stress distribution in 
the intervertebral joints and endplates. 
6.3 Extension of the MADYMO human model using FE spine 
Intervertebral discs and endplates have been implicated by both clinical and 
epidemiological communities as having potential roles in low back pains (Adams et 
al., 1993; Kuslich et al., 1991; Yoganandan et al., 1994).  In vivo experiments do 
provide details on the overall response of the motion segments to complex loading 
conditions, such as WBV; however they do not provide insight into the distribution 
of stresses in various components of the discs, essential for understanding the 
initiation and progression of any structural damage to the disc.  Besides, ethical 
concerns limit in vivo studies on humans; thus very little information exists in the 
literature that will adequately present stress distribution in the spinal components.  In 
view of the reasons mentioned thus far, an alternative method of supplementing 
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experimental studies is to develop a human model with FE spine, which offers 
considerable advantages in eliminating the need to repetitively expose human 
subjects to vibration. 
The present research developed a multi-body human model for the purpose of 
complex analysis, using an anatomically accurate three-dimensional FE lower 
lumbar spine model.  The multi-body human model analyses provided a basis for 
understanding the global prediction of transmissibility from seat to human body 
(Chapter 3).  The knowledge and insight gained during the multi-body human model 
analysis facilitated development of the complex combined human model with FE 
spine⎯MODEL THREE.  For the purpose of more detailed analysis, submodels 
such as the FE lower lumbar spine can easily be integrated into the multi-body 
human model.  These changes improve the biofidelity of the model by allowing 
analysis of detailed information such as stresses at the tissue level, which are 
difficult to obtain experimentally. 
In this thesis a detailed multi-body human body with FE lower lumbar spine model 
has been developed to form MODEL THREE.  The 50th percentile male occupant 
model (Pang, 2003) has been extended to incorporate a FE description of the lower 
lumbar spine, resulting in a more realistic representation of rigid vertebrae, linear 
viscoelastic discs and endplates.  It is possible to derive stresses within the spinal 
components from the deformations and the constitutive properties of the material 
modelled.  Anatomically detailed representation of the lower lumbar spine is the 
main advantage of MODEL THREE over previous multi-body models (Fritz, 1997a; 
Pang, 2003; Verver and van Hoof, 2002; Verver et al., 2003) and FE models (Buck 
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and Woelfel, 1998; Pankoke et al., 1998; Seidel et al., 2001), which have a limited 
ability to predict the distribution of stress within the discs.   
The validity of MODEL THREE was determined dynamically by comparing the 
computed acceleration transmissibility characteristics under given vibration 
excitation, with the measured data published in the literature (Kitazaki, 1994).  The 
seat-to-head and seat-to-L3 transmissibilities, especially in the human’s principal 
resonant frequency at about 5 Hz, are within the mean values of eight volunteer 
subjects measured by Kitazaki (1994).  As discussed in section 2.6, previous 
numerical studies of the spinal motion segment response to vibration have been 
performed by a number of investigators.  In particular Goel et al. (1994); Kasra et al. 
(1992); and Kong and Goel (2003) sought to determine the natural frequency and 
dynamic response characteristics of spinal motion segments.  None of these studies 
was able to produce the natural frequency of the spinal motion segment that would 
be in agreement with experimental data from volunteers.  MODEL THREE by 
contrast did reveal a close agreement with experimental studies (Kitazaki and 
Griffin, 1995; Magnusson et al., 1993; Matsumoto and Griffin, 1998; Panjabi et al., 
1986), where the seated body subjected to vertical seat vibration is dominated by a 
clear resonant in the vicinity of 5 Hz.  This close agreement demonstrates the major 
advantages of MODEL THREE compared with previous spinal motion segment 
models.  The results of this study imply that the effect of other body regions on the 
vibrational behaviour of the FSU cannot be neglected when attempting to determine 
the natural frequency of spine due to WBV. 
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As mentioned in Chapter 2, most of the FE human models are two-dimensional.  
Spinal movements are always 3-dimensional in nature, and therefore in order to 
analyse stress distribution within the spinal components, a three-dimensional model 
is required, to give a detailed description of the stresses induced by dynamic loads.  
As far as could be determined from the literature, MODEL THREE as presented in 
this study is the first three-dimensional model of a seated male, with geometrically 
accurate lower lumbar spine, that successfully demonstrates its capability to 
determine stress distribution in spinal components subjected to WBV.   
The results revealed that under WBV excitation, the stress patterns observed in the 
intervertebral discs were typically highest at the posterior and posterolateral edges.  
The predicted stress distribution in the FE motion segments are in agreement with in 
vitro experiment observations (Adams et al., 1993; McMillan et al., 1996; McNally 
et al., 1996).  The peak stress observed in the posterior annulus implied that it 
experienced an increase in pressure due to mechanical loading.  This non-
homogenous pressure distribution may be responsible for cumulative damage to the 
disc, thus accelerating the degenerative process, and may also be responsible for 
initiation and propagation of disc failure.   
Significant gradients of stresses were found in the posterolateral intervertebral disc 
regions during WBV.  This observation presents a mechanism that is consistent with 
lumbar disc herniation in response to low magnitude mechanical vibration while 
seated in a vehicle.   
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The overall magnitudes of the stress in the intervertebral disc were not deemed 
sufficient to allow for endplate fracture.  However, these stresses can elicit pain.  It 
appears that long-term stress exacerbated by repetitive loading could have additional 
damaging effects.  However, the evidence from the stress profiles must be considered 
quite apart from their effect on compressive strength.  This is because the annulus 
fibrosus has a very limited capacity to repair itself, and stress concentrations which 
are insufficient to cause failure in a single loading cycle may nevertheless lead, in the 
course of time, to progressive disruption of the lamellar structure which is essential 
for normal disc function (Adams et al., 1994). 
6.4 Limitations of the present study 
The FE models of the current study are based on simplified assumptions about the 
material properties of bone and intervertebral discs.  For example, the vertebrae have 
been assumed to be linear, homogeneous, and isotropic.  Furthermore, the bone of 
the vertebrae has been modelled by rigid elements; thus the current model ignores 
deformations in the vertebral bodies.  However, small changes in deformation can 
lead to large changes in stress in the discs.  Therefore MODEL THREE may 
underestimate deformation in the discs, and therefore may underestimate disc stress. 
The FEM involves discretizing solids materials into small elements of similar 
materials and shape.  The mesh of elements for each body within the model has been 
assigned material and mechanical properties for the purpose of calculations.  As the 
model is run, contact and deformation of each body is calculated using a 
considerable amount of CPU time.  The minimum integration time step for MODEL 
THREE has been reduced to 1.0E−07s, as compared to 1.0E−05s for the multi-body 
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human model.  Therefore, MODEL THREE takes 350 times more CPU time than the 
simple model.  Moreover, FE models are mathematical approximations and are 
limited by mesh quality, material property definitions, and surface contact 
approaches.   
Another limitation of MODEL THREE is that the current mesh of the lower lumbar 
spine model has been based on the geometry of a 78 year-old male seated on an 
automotive seat.  The disc height of the elderly male was much shorter than that of 
an average young human.  Moreover, the seated posture of the elderly male cadaver 
was slouched too far forward, resulting in a different stress distribution within the 
intervertebral discs subjected to WBV.  This is further supported by Natarajan and 
Andersson (1999) who reported that when a given disc’s height is increased by a 
factor, its flexibility also increased, either by the same amount or by a much larger 
ratio. Clinically, however, loss of disc height is accompanied by structural changes 
within the disc which may modify this response. 
Given these limitations, development of a validated human-lumbar spine model was 
deemed a necessary first step in the effort to develop a generalized model.  The 
current validation can serve as a foundation for future extensions of the model to 
improve its reliability and accuracy.  
6.5 Recommendations for future research 
While MODEL THREE shows a good level of agreement with experimental data 
using human subjects where this is limited to the frequency range of 10Hz, the model 
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grossly underestimates acceleration transmissibility at a higher range of frequencies. 
Therefore, further modifications and validations to cover a wider frequency range are 
desirable, in order to improve MODEL THREE for the analysis of vertical vibration.   
Muscle tension, which is partially responsible for joint stiffness and coupling 
between rigid masses, may influence vibration transmission through the body.  
According to Harazin and Grzesik (1998) the degree of tension in different muscle 
groups of the trunk and extremities alters the elastic and damping properties of the 
organism.  This would lead to changes in resonance frequency of the body segments, 
and also result in substantial changes to vibration transmission in particular 
frequency bands.  In the present study, the modelling approach has been to simplify 
trunk muscle structures and functions.  This approach is feasible when using a multi-
body technique, and simplifying the number of equations in the model⎯which 
reduces computational time.  However, the time-variant muscle forces could not be 
ascertained with the current model.  Further modelling research could therefore 
include the development of a Hill-type muscle, allowing the determination of time-
variant muscle forces.  Addition of muscle forces into such a model may enable it to 
better delineate the biodynamic response of the human body. 
In the present investigation, the human model was seated on a rigid seat.  It is well 
known that a standard commercially available car seat can greatly affect the 
frequency content of the vibration transmitted through it (Griffin, 1978; Pope et al., 
1989; Verver et al., 2003).  Verver et al. (2003) reported that the compressive force 
acting on the lumbar spine was greater when the human model was tested in a 
standard car seat simulation rather than in a rigid seat simulation.  Likewise, the 
  192 
posterior shear forces acting on the lumbar spine in the standard car seat simulation 
are larger than the shear forces in the rigid seat simulation. Therefore, further 
simulation could incorporate standard car seats, which simulate realistic seat 
properties, to better predict the distribution of stress in the lower lumbar spine and 
gain a better understanding of LBP. 
This thesis has considered the transmission of vibration through the body in exposure 
to the vertical vibration of a seat.  However, motion at the head and the spinal 
column are induced in more than one axis during exposure to vertical seat vibration 
(Griffin, 1975; Kitazaki, 1994).  Non-vertical motions at the head and the spinal 
column are just as important as vertical motions in the same situation.  A logical 
extension of this work would be the identification of non-linearities in the response 
of the body to vibration in the fore-and-aft and lateral directions, to assess the 
vibration transmission performance of the seat-human system.   
MODEL THREE created during this research has advanced the frontiers of 
biomechanical modelling knowledge, but no single model has yet been able to 
answer all questions, and this model is no exception.  The accuracy of the model 
would certainly benefit from future research.  One important issue is the amount of 
shear force acting on the spine and the injuries related to this, especially with 
horizontal vibrations, for which shear force might be more important than axial loads 
acting on the lumbar spine.  
The geometry of the FE lower lumbar spine model has been based on an average 
elderly seated male.  However the seating posture was slouched too far forward for 
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someone seated on a car seat.  It is recommended that the description of the geometry 
of the lower lumbar spine be updated to correspond to that of an average young male, 
who would have greater curvature of the spinal column and greater disc height.  The 
lower lumbar spine model can be further improved.  Such improvements would 
include better prediction of bending moment and lateral shear, as well as detailed 
stress distribution in the vertebrae and discs. 
The present FE model is capable of predicting stress distribution in the intervertebral 
discs and endplates submitted to WBV conditions.  However, this model is limited in 
its ability to identify disc degeneration and the failure behaviour of intervertebral 
discs and endplates.  Previous finite-element studies have demonstrated that models 
incorporating both material and geometric nonlinearities can provide accurate 
predictions of fracture loads and fracture patterns (Lotz et al., 1991; Whyne et al., 
2003).  However, the present lower lumbar spine model has been created with linear 
material properties.  A future study using non-linear material properties would allow 
accurate prediction of the degeneration and failure behaviour of the spinal 
component.  
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Appendices  
Appendix A 
Input spectrum 
The command file shown below can be loaded into MATLAB to generate the input 
spectrum.  
 
Clear all 
df=0.02; 
fn=70; 
 
dT=1/fn; 
 
N0=fn/df; 
%round up 
for(ii=1:100) 
    if(2^ii>N0) 
        N=2^ii; 
        break; 
    end; 
end; 
 
t=0:dT:dT*(N-1); 
 
%recalculate 
df=fn/N 
xt=randn(size(t/2))*0.000145;   
x(1)=xt(1); 
for(ii=2:length(t)) 
    x(ii)=x(ii-1)+xt(ii); 
end 
 
***********These command lines are to convert the acceleration time ******** 
********* history data to displacement time history data based on ********* 
**************  a bandwidth acceleration spectrum   ****************** 
x=x*1.7; % scaling factor in order to obtain the desired RMS 
Ndd=N-2; 
xd=diff(x)/dT; 
xdd=diff(xd)/dT; 
XDD=fft(xdd); 
XDD=XDD(1:Ndd/2); 
fdd=(0:Ndd/2-1)/(Ndd/2)*fn/2; 
 
*****  To obtain the Root Mean Square ********** 
n = length(xdd);   % Number of elements 
RMS=norm(xdd)/sqrt(n) 
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******** Plotting the Graph of the Root Mean Square ************ 
 [Pxx,w] = periodogram(xdd,[],'onesided',length(xdd),70); 
 psdplot(Pxx,w,'Hz'); 
   
*********  To generate the output file ********** 
 op=[t;x]; 
 fid=fopen('randn.txt','w') 
 fprintf(fid,'%10.6f %10.6f\n',op); 
 fclose(fid) 
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Appendix B 
Transmissibility in a lumped parameter model 
The complexity and variety of human anatomy and physiology make the application 
of knowledge related to human dynamic behaviour extremely difficult to model and 
predict.  One strategy is to simplify the system through use of a model that contains 
adequate components to satisfactorily present the behaviour of interest.  A simple 
model is generally easy to understand and prove but provides low accuracy.  On the 
other hand, a complex model that requires more processing steps and is possibly 
difficult to interpret; but the results of a complex model are in high accuracy.   
Analytical modelling of a vertical human-seat system as a response of a single 
degree-of freedom model is shown below. 
 
Figure A1: A single degree-of-freedom system 
The equation of motion for an ideal single degree-of-freedom system excited from its 
support can be shown as: 
0)]()([)]()([)( =−+−+ txtxktxtxctxm ererr &&&&                         (A1.1)             
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where k is the stiffness; c is the damping coefficient; xr(t) is the vertical displacement 
response of the rigid mass, m; xe(t) is the vertical excitation displacement. 
Since the frequency contents of the ride vibration are often of greater interest than 
the time history, frequency-domain methods have commonly been used.  In 
frequency-domain analysis the time dependent variables are Fourier transformed to 
frequency- dependent variables. 
Equation (A1.1) is Fourier transformed to yield 
)}()]{([)( ωωω jXjTjX er =                                  (A1.2)      
where [T(jω)] is the complex matrix representing the frequency response transfer 
function of the system, given by 
mcjk
cjkjT 2)]([ ωω
ωω −+
+=                                      (A1.3)  
The modulus of the transmissibility, |H(jω)|, is given by equation: 
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r is the frequency ratio defined by equation A1.5a; ω is the excitation angular 
frequency; ωo is the natural angular frequency; ξ is the damping ratio obtained by 
equation A1.5c : 
o
r ω
ω=                                                    (A1.5a) 
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Therefore we assume a vertical excitation and response: 
tjeftf ωˆ)( = ; tjee extx ωˆ)( = ; tjrr extx ωˆ)( =                     (A1.6) 
where fˆ is the complex amplitude of excitation; exˆ and rxˆ  are the complex 
amplitude of the response at support and rigid mass respectively. 
Analysis of frequency responses and vibration transmissibility in a lumped 
parameter model 
A simple analytical model has been developed to facilitate a better understanding of 
seat-to-human transmissibility associated with the damping factor, contact 
interaction and muscle activity.  The single degree-of-freedom lumped parameter 
human model on a rigid seat is depicted schematically in Figure A.1.  In producing a 
vibration transmissibility plot, a person’s mass (mp) of (for example) 75kg is placed 
on top of a rigid flat seat to form a spring-mass system.  The mass of the rigid seat is 
represented by ms, and the stiffness and damping properties of the buttocks and 
upper legs are represented by kp and cp respectively.  The transfer function in the 
frequency domain of this system is determined by a Laplace transformation of the 
equations of motions of each body.  Acceleration transmissibility in the linear system 
can be obtained from Equation A1.3 as: 
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Figure A.1: Single degree-of-freedom lumped parameter human model on a rigid 
seat  
 
Table A.1: Analytical values for single degree-freedom 
lumped parameter human model 
Symbols Unit Parameter value 
mp kg 75 
kp N/m 5.3x104 
cp N.s/m 900 
 
The spring and damping properties presented in Table A.1 are obtained from mean 
values published in the literature (Fritz, 1998).  The response data collected is 
expressed in a vibration transmissibility plot.  On the vertical axis, the data is 
displayed as a ratio.  The ratio is the response of the vibration acceleration level 
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output from the pelvis body, divided by the vibration acceleration input at the rigid 
flat seat body.   The ratio is not represented in terms of units; therefore the data is 
expressed numerically as an amplification level.  The horizontal axis represents the 
frequency (Hz) band of the vibration input (Griffin, 1990).  An example of a 
vibration transmissibility plot is demonstrated in Figure A.2. 
 
Figure A.2: Frequency response function from seat to pelvis of a single degree-of-
freedom analytical human model; normal damping ( ); greater damping( 
). 
 
The three regions of interest in a transmissibility plot are coupling, amplification and 
attenuation.  Coupling is the term used when the plot reads a value of one on the 
vertical axis.  This occurs when the pelvic mass is vibrating at the same intensity 
Amplification 
Attenuation
Coupling 
f1 fn f2 
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level as the input vibration (Wise, 1999).  This is an area of little concern for the 
present study. 
The region of amplification is between the points where the plot rises above one (f1) 
and then falls below the value of one.  The highest point of this curve identifies the 
resonant frequency (fn) of the spring mass system.  This represents the frequency 
where the mass is vibrating at the greatest intensity in relation to the input vibration.  
This is the area of most concern, since it is the range of frequencies that may cause 
damage (Wise, 1999).  
The third region is attenuation, and this occurs where the plot drops below a value of 
one (f2).  At attenuation, the mass is actually moving at a lower intensity than the 
vibration input.   
Seat to person transmissibility at 1.7 ms-2 r.m.s. is shown in Figure A.2 (solid line).  
The curve of transmissibility from seat to person shows that there was a primary 
resonance occurring at a frequency approximately 5 Hz, and a second resonance 
occurring at a higher frequency of about 12Hz.   
When a higher damper was added the model showed only one primary frequency at 
about 5 Hz (Figure A.2, dash line).  The main effect of the damper was to attenuate 
vibration and to dissipate energy.  Therefore an increase of the damping coefficient 
would overdamp the second resonant frequency.  
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Appendix C 
Method of analysis 
Common to almost all methods of vibration data analysis is the transformation of a 
function-in-time domain to a function-in-frequency domain.     
The basic relationships used to transform information from the time domain to the 
frequency domain (or vice versa) are Fourier Transform pairs: 
∫∞
∞−
−= dtetxfS ftix π2)()(                                         (C1.1) 
∫∞
∞−
= dfefStx ftix π2)()(                                        (C1.2) 
where x(t) is the time-history of a function x, and Sx(f) is the Fourier Transform of x, 
which is a complex quantity. 
The Discrete Fourier Transform (DFT)   
In a practical digital application, one might convert the continuous input signal into a 
series of discrete data samples.  This is accomplished by sampling the input or output 
at a certain time interval Δt.   We will assume the samples are spaced uniformly in 
time: equally spaced time intervals Δt apart.  x(t) is known only for a finite time 
interval or record length T, at a total of N equally spaced time intervals Δt apart.  The 
Discrete Fourier Transform (DFT) pair, equivalent to equations C1.1 and C1.2, 
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become 
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The DFT equation C1.3 is correct only if x(t) is periodic with period T.  The set of Sx 
are the coefficients of the Fourier series expansion of x(t).  If x(t) is not periodic, the 
DFT treats x(t) as if it were so and is thus only an estimate of the true Fourier 
Transform of x(t).   
As a consequence of Shannon’s theorem, the DFT of x(t) is defined only at N/2 
frequencies at equally spaced intervals Δf apart, up to a maximum frequency Fmax, 
therefore the following fundamental relationships apply: 
Block size: 
t
TN Δ=                                                         (C 1.5) 
Frequency range:  
)
2
(
2
1
max
Nf
t
F Δ=Δ=                                            (C1.6) 
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In order to ensure that aliasing errors do not occur, for example frequencies higher 
than Fmax folding back to appear as frequencies lower than Fmax, one must make sure 
that the Fmax is higher than the highest frequency in the data.   
Sampling rate:   
max2
1 F
t
=Δ                                                 (C1.7) 
Frequency resolution:  
T
f 1=Δ                                                      (C1.8) 
Record length:  
tN
f
T Δ=Δ=
1                                           (C1.9) 
 
